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Abstract 
Bone implants are widely used to replace bone and joint defects; however, the 
mechanical, biological and structural mismatches between bone and the implants 
may cause significant problems. The conventional bone implants used in orthopaedic 
bone and joint replacements have solid and stiff structures, which normally shield the 
peri‐implant bone stress and lead to a premature loosening of the implants. In order 
to enable an implant to mimic the host bones, new porous and functionally graded 
materials are required and this is the research focus of this thesis.  
Using additive manufacturing techniques in biomedical fields has demonstrated 
merits such as flexibility in constructing micro- and macro-scale structures based on 
computer models and analyses. Although porous cellular structures provide 
mechanical and biological environments closer to the host bone, poor internal 
architectural designs may lead to poor mechanical properties and structural integrity. 
Therefore, the effects of small-scale units of cellular structures and their graded 
designs on mechanical and biological performances deserve further investigation.   
In this thesis, prototypic cellular structures were firstly fabricated using 3D 
printing (3DP) techniques. The mechanical and biological behaviours of four 3D 
internal structures; octahedron [±45°], pillar octahedron [0° ± 45°], cube [0° ± 90°] 
and truncated octahedron, were investigated. It was found that the pillar octahedral 
shape has not only greater stiffness and strength under compression, shear and 
torsion but increased rate of pre‐osteoblastic cell proliferation.  
The pillar‐octahedral‐shape implants with pore sizes ranging from 551 to 859 
μm were successfully fabricated with cobalt–chromium–molybdenum (CoCrMo), 
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using selective laser melting (SLM) techniques. Biocompatibility (83–95%) and cell 
bioactivities of CoCrMo specimens are enhanced by coating with hydroxyapatite. 
The uniformed CoCrMo cellular structures with porosity between 41 and 67% have 
the stiffness, strength, and energy absorption (2.3−3.1 GPa, 113−523 MPa and 
25−117 MJ/m3, respectively), which are comparable to human bone.  
CoCrMo graded cellular structures were created by grading the pore and 
porosity along the axial and radial planes of the specimens. The graded cellular 
structures, in this thesis, show significant benefits on increased proximal peri‐implant 
stress distribution, while maintaining compressive properties similar to the 
uniformed cellular structures. Although the radially graded model has greater 
strength than the axially graded type (356 ± 2.12 vs 270 ± 1.47 MPa), the axially 
graded model shifts more of the load distributions to the proximal bone area (stress 
increases of 300% vs 205%).  
For load‐sharing implants such as femoral stems, incorporating the axially 
graded model in the femoral stems exhibits the flexural stiffness (1,800 N/mm) 
equivalent to the femoral bones. The pillar octahedral cellular structure with porosity 
gradient along the axial plane may control relative micromotions in an acceptable 
range (< 150 µm) for bone ingrowth. Both finite element analyses and physical 
testings confirm the advantage of increased proximal femoral stress transfers (Gruen 
zone 7) compared with a conventional titanium femoral stem.  
We believe incorporating the graded cellular structures in orthopaedic bone 
implants, particularly with the axially graded model, could be an alternative design 
for load‐sharing implants, since it balances an implant’s stability, maintains bone 
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matching stiffness, reduces bone‐stress shielding, and possibly prolongs the 
longevity of the implants.   
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Chapter 1:  Introduction 
The section of this chapter outlines the background and problem of the 
research, its purposes, and objectives. The next section describes the significance and 
scope of the research. The last section outlines the proceeding chapters of the thesis. 
1.1.Background 
Joint replacement is a commonly performed major surgical procedure that has 
considerable success in alleviating pain and disability in people older than 60 years. 
In 2015, 498,660 total hip replacements (THRs) were performed in Australia with an 
increase of 64.9% over the last 12 years (AOA, 2016). An excellent outcome of this 
procedure expands its indication to younger adults. The development of porous‐
coated surfaces introduced onto the femoral prostheses during the 1980s facilitates 
bone implant fixation by allowing bone ingrowth into the pores without the need for 
cement bonding. This type of implant is called “a cementless femoral stem”. The 
cementless femoral stem is the implant of choice for younger patients and those with 
an active lifestyle.   
The trend of using cementless prostheses has increased from 51.3% of all 
THRs in 2003 to 63.3% in 2015 and this rate has continued rising (AOA, 2016). 
However, the 15 year cumulative percent revision rate for this prosthesis is 4.3–
12.4%, and the most common cause of implant failure is aseptic loosening of the 
femoral component (AOA, 2016). With the expected trend for younger patients to 
require THR, the revision rates should continue to rise because of increased life 
expectancy. The increasing number of revision procedures todays is unavoidable, 
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which makes long‐term fixation a major problem. Developing a prosthesis that is 
stable in the long term is critical for preventing the problem of loosening implants.  
Long‐term fixation of the prosthesis is a major problem because the load that 
usually acts on a femur is shielded by the metallic prosthesis. This phenomenon is 
known as the “stress‐shielding effect” and results as a consequence of a greater 
stiffness of the prosthesis compared with the bone it replaces. The lack of load on the 
implanted femur subsequently contributes to a failure within 10 years of 
implantation.  
Stress‐shielding effect is found in both orthopaedic bone implants and dental 
implants (Hussaini et al., 2015; Torres, Trueba, Pavón, Montealegre, & Rodríguez-
Ortiz, 2014). The high‐load‐demand and fragile bones due to osteoporosis of the hip 
bone make the stress‐shielding effect more aggressive for the hip implants. Stress 
shielding contributes to three main problems: (1) periprosthetic fracture or avulsion 
of bony prominences such as the greater or lesser trochanter; (2) less bone support 
for a revision implant after removal of a well‐fixed implant in the stress‐shielded 
bone; and (3) increased intracortical porosity of the stress‐shielded bone (Glassman, 
Bobyn, & Tanzer, 2006).  
Stress shielding is one aetiology of implant loosening as a consequence of 
periprosthetic bone resorption and leads to the premature failure of a THR through 
mechanisms proceeding from aseptic loosening, implant migration, and 
periprosthetic bone fracture, as shown in Figure 1.1. Therefore, it would be valuable 
if femoral implants could be manufactured with characteristics that could help to 
reduce stress shielding.  
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Figure 1.1: Natural history of hip replacements: preoperative x‐ray (a), 
immediate postoperation (b), periprosthetic bone resorption (→) occurs after 8 years 
of the replacement (c), and stem migration and periprosthetic fracture (d). 
The current cementless femoral prostheses cannot avoid the problem of stress 
shielding because of their high stiffness. Even low‐stiffness metal implants such as 
those made from titanium (E = 116 GPa), which is widely used as the best implant 
choice, is much stiffer than cortical bone (E = 33 GPa). The current design of these 
femoral implants prefers a modular stem comprising a titanium alloy femoral stem 
connected to a cobalt–chromium femoral head using a taper junction. The benefits of 
this modular stem allow the surgeon to correct the leg length, offset and version 
abnormalities. Cobalt–chromium is used as the femoral head of joint prostheses 
because of its greater mechanical strength, abrasive resistance and corrosion 
resistance than that of titanium alloys. However, the combination of a cobalt–
chromium femoral head on a titanium femoral stem results in galvanically 
accelerated crevice corrosion. The wear particles released from the metal corrosion 
induce bone lysis and stimulate adverse soft tissue reactions induced by 
inflammatory processes (Bischoff, Freeman, Smith, Tuke, & Gregson, 1994), which 
lead to a loosening of the implant.  
(a) (b) (c) (d)
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One alternative is to use a cobalt‐on‐cobalt modular prosthesis. Although this 
combination may reduce the production of wear debris that results from the corrosion 
between different metal alloys (Collier, Surprenant, Jensen, Mayor, & Surprenant, 
1992), the cobalt–chromium femoral stem is much stiffer than titanium, which can 
exaggerate the premature aseptic loosening from stress shielding and increase the 
risk of implant loosening. Therefore, there is no perfect material for metallic 
implants that can provide stiffness similar to that of human bone. 
1.2.Statement of the problem 
The stiffness mismatch between the metallic orthopaedic implant and 
surrounding bone leads to the premature loosening of the implant. Porous metals 
have been proposed for reducing the stiffness of metals to approximate bone stiffness 
more closely. Commonly, porous implants are fabricated using conventional 
techniques such as freeze drying, solvent casting, and salt leaching. However, the 
disadvantages of these techniques are the non‐uniform pore distribution, lack of 
controllable strength, toxic material residue, and uncontrolled internal architecture, 
which leads to poor bone implant fabrication.   
Advanced additive manufacturing (AM) techniques combine various 
computer‐aided capacities to design and manufacture a precisely controllable internal 
architecture of porous metals. The complex porous designs are printed layer‐by‐layer 
using selective laser melting (SLM) techniques. This type of well‐defined porous 
metal is termed cellular structure. Although the pores of the cellular structure 
promote the biological environment needed for bone tissue and reduce the 
mechanical stiffness of solid metal alloys, the design of a proper internal architecture 
of the cellular structure remains a laborious trial‐and‐error process. 
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The internal architecture for metallic bone implants should reflect the 
biomechanics of human bone. From the morphological point of view, bone is 
considered a complex structure spanning nano‐, micro‐, and macroscales with 
optimised functionalities. The multiscale bone structures prompts the research 
question whether the graded cellular approach can be used to produce a bone‐like 
material for replacement technology and tissue regeneration. Successfully fabricating 
implants with porous graded cellular structures should replicate the bone properties 
and prevent or eliminate peri‐implant bone stress shielding and prolong the longevity 
of hip implants. 
1.3. Research aim 
The aim of this research was to propose alternative designs of graded cellular 
structures that are biocompatible with bone to prevent bone stress shielding. The 
graded cellular approach can be used to make prosthetic devices for both joint 
replacements and other bone replacement applications.  
The main hypothesis of this thesis research was that cobalt–chromium graded 
cellular implants can be manufactured with SLM processes to emulate human bone 
and to prevent or reduce proximal bone stress shielding after implantation.  
1.4. Research objectives 
The problem of stress shielding shortens the longevity of cementless hip 
implants and orthopaedic bone implants, which lead to a higher morbidity and 
mortality of the revision surgery. The main objective of this research was to 
investigate the mechanical behaviours and manufacturing feasibility of laser‐melted 
cobalt–chromium graded cellular structures to reduce the peri‐implant bone stress 
shielding. These specific objectives were: 
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• To investigate the internal architecture of cellular structures that provide 
mechanical and biological performance suitable for bone implants. 
• To investigate the manufacturing feasibility of laser‐melted cobalt–chromium 
graded cellular structures and their potential as osseointegrated implants. 
• To investigate the influence of graded orientations on both the mechanical 
properties and stress‐transferring characteristics of cobalt–chromium graded 
cellular structures. 
• To propose a new design of graded femoral stems to reduce the proximal 
peri‐implant bone stress shielding. 
1.5.Research significance 
Implants are usually made with a solid metal whereas human bones comprise 
organic composite material with a porous structure. This research aimed to develop a 
bone‐biomimetic implant that could eliminate the stress shielding effect by 
combining graded cellular structures with the implant. These graded cellular 
structures should provide a light weight structure with bone‐mimicking biomechanics 
and promote a biological environment for bone cell functions, which should help to 
prolong the longevity of the implanted prostheses.  
The thesis results will contribute to the area of material synthesis for 
bioengineering and medical applications. This thesis focused mainly on solving the 
problems of femoral hip implants. Establishing new organisation patterns of the 
internal architecture and graded orientation will provide new applications for 
producing weight‐bearing orthopaedic bone implants that can perform more closely 
to human bone.  
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The significance of this research is to use the graded cellular approach to 
design a new cementless femoral prosthesis that can prevent periprosthetic bone 
stress shielding and thereby improve the longevity of implants. The production of 
graded cellular prostheses using the SLM technologies uses less material, and the 
price of those devices may be reduced. In addition, reducing the morbidity and 
mortality rates from revision surgery will save lives, operation costs, and scarce 
health resources.  
1.6.Thesis outline 
This thesis comprises nine chapters and is organised as follows. 
Chapter 1: Introduction 
This section states the background, research question, aim and objectives, and 
significance of this research. 
Chapter 2: Literature review 
The characteristics which make bone a unique structure are analysed. The 
development osseointegrated implants are reviewed to identify the research gaps 
which could be explored to improve the bone implant efficiency closer to the bone 
characteristics. Finally, the methods of additive manufacturing processes that can be 
used to fabricate the complex three‐dimensional cellular structures are reviewed.        
Chapter 3: Investigation of the internal architecture of cellular structures for bone‐
mimicking implants. 
Compression, shear, and torsional physical test data are compared between 
different shapes of internal architecture. The bone cellular proliferations are 
compared between designs to identify the preferable architecture for bone implants.  
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Chapter 4: Design and manufacture of laser‐melted cobalt–chromium graded 
cellular structures for bone biomaterials. 
The best internal architecture from the previous chapter is selected to design 
the graded cellular structures. This chapter examines the capability of fabricating a 
graded cobalt–chromium cellular structure using SLM techniques. The 
biocompatibility and bioactivities of hydroxyapatite‐coated cobalt‐chromium are 
analysed to ensure the potential applications in biological tissues.  
Chapter 5: Compressive behaviour of laser‐melted cobalt–chromium graded cellular 
structures. 
The relationships between the porosity of cobalt–chromium cellular structures 
and compressive mechanical properties are evaluated. The mechanical advantages of 
different models of graded cellular structures are compared with those for a uniform 
cellular structure. Finally, finite element analysis (FEA) is used to interpret whether 
it could replicate the results of physical testing.    
Chapter 6: Effects of cobalt–chromium graded cellular structures on peri‐implant 
stress transfer.  
Models of an intramedullary bone implant are investigated using both physical 
and computational analysis. The effects of graded orientation are studied to identify 
which directions could maximise stress transfer to the peri‐implant areas. Finally, the 
physical data are compared with numerical results using FEA.   
Chapter 7: Development of laser‐melted cobalt–chromium graded femoral stems.   
Different designs of cobalt–chromium graded femoral stems are investigated 
using FEA. The results of proximal femoral stress transfer are compared between 
different designs of cobalt chromium graded femoral stems to identify the most 
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suitable design of graded femoral implants. The selected graded femoral stem is 
fabricated for physical testing using SLM techniques. The flexural strength and 
stress‐shielding effect are compared between the cobalt–chromium graded femoral 
stem and fully dense cobalt–chromium femoral stem, and these are validated to 
identify the advantages of graded stems in reducing the peri‐prosthetic stress 
shielding.  
Chapter 8: Finite element analysis of titanium graded femoral stems. 
The best design of graded femoral stems is investigated on the femoral stems 
fabricated with titanium alloys. 
Chapter 9: Conclusions and recommendations for future study. 
This chapter summarises the main findings of this thesis and suggests 
knowledge gaps that may be worthwhile pursuing in further research. 
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Chapter 2:  Literature Review 
2.1. Overview 
This chapter introduces the fundamental topics related to bone biomimetic 
implants. Firstly, bone characteristics and structures in hierarchical scales are 
described. Secondly, the anatomy of the hip joint, hip motions, and femoral hip 
implants, and the consequences of bone adaptive remodelling are described in 
relation to the total hip arthroplasty (THA). Thirdly, the advantages of metal cellular 
materials and their functionally graded materials (FGMs) are reviewed to describe 
the stress shielding phenomenon. Finally, the possibility of using additive 
manufacturing (AM) techniques is reviewed in the context of creating a new design 
of bone biomimetic implants.     
2.2. Bone structure 
The bony skeleton comprises two types of bone tissues according to their 
structural organisation: cortical bone and trabecular bone. The outer cortex of bone, 
called cortical bone, is a dense structure that envelops the inner three‐dimensional 
(3D) lattice structures, or trabecular bone. Trabecular bone comprises plate‐ and rod‐
shaped structures linked to the inner surface of cortical bone, known as trabeculae. 
Bone is a living tissue that has the ability to repair itself and adapts its properties to 
match the environmental and loading conditions (Ritchie, Kinney, Kruzic, & Nalla, 
2005). This adaptive remodelling process is a function of the combined activities of 
osteoblasts (bone‐forming cells) and osteoclasts (bone‐resorbing cells).  
Bone is a unique material because of these characteristics: heterogeneity, 
hierarchical structure, and composite materials. Bone heterogeneity results from 
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underlying variations in the volume fraction, 3D architecture of individual trabecula, 
and tissue properties, in that order of importance (Keaveny, Morgan, Niebur, & Yeh, 
2001). Bone tissues exhibit functional gradients across a spatial volume, in which 
each layer or part has particular functions so that the whole organ behaves 
efficiently. Therefore, bone properties and orientation can differ between different 
parts of bone according to the functionality required. 
The structural and mechanical requirements of bone are dependent on its 
functions. For example, the skull protects the brain from impact loads, whereas a 
femur is continuously loaded by repeated strain during normal daily activities. 
Hence, the skull bone is weaker than a femur. When walking, the cyclic loading on 
the femoral bones stimulates the loaded bones to adapt their properties to the 
mechanical stimuli. The magnitude and orientation of mechanical stimuli on these 
bones can differ depending on the location and functions of each bone (Carter, 1984). 
 
Figure 2.1: An anteroposterior radiograph of the hip showing the trabecular 
orientations. 
The proximal femur is a good example of functionally optimised structures 
because it resists both tensile and compressive forces during weight bearing. Those 
forces optimise the internal architecture of the femoral neck along the orientation of 
the trabeculae lines. Figure 2.1 shows the trabeculae morphology, which comprises 
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both compressive and tensile groups aligned in particular directions. The primary 
compressive group spans from the medial subtrochanteric cortex and lines superiorly 
into the weight‐bearing femoral head, whereas the primary tensile group arises from 
the foveal area of the femoral head and courses through the superior femoral neck 
and into the lateral subtrochanteric cortex. The trabecular orientation is formed in 
response to the loads acting on this bone. The density of cortical bones also varies to 
suit the load required in each location.  
These differences in density according to location and the heterogeneity of 
bone tissue make bone a unique material. The medial cortex of the proximal femurs 
resists the highest load, and the cortical bone in this area has the thickest cortex, 
called the calcar femorale, to match the mechanical requirements. To understand how 
bone adaptive structures relate to mechanical properties, it is necessary to analyse 
bone structures and material elements at hierarchical length scales ranging from the 
macro‐ to nanoscale components  
 
Figure 2.2: The hierarchical structure of bone tissue (Podshivalov, Fischer, & 
Bar-Yoseph, 2014). Reprinted with permission of Springer. 
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The hierarchical structure of bone (Figure 2.2) includes groups of osteons and 
trabeculae at the microscale (10–500 μm) (Figure 2.2b). This group structure is a 
combination of lamellae and trabecula at the sub‐microscale (1–10 μm) (Figure 
2.2c), which is created by fibrillary collagen, minerals, and non‐collagenous organic 
proteins at the nanoscale (100 nm–1 μm) and sub‐nanoscale (<100 nm) (Figure 
2.2d&e). The details of this hierarchical structure of bone tissue are described in the 
following section. 
2.2.1. Macro‐ and microstructures 
2.2.1.1. Trabecular bone 
Trabecular bone is normally located at both ends of long bones such as the 
femur and tibia, or within flat bones, such as the sternum, pelvis, and vertebrae. The 
material of trabecular bone is morphologically similar to that of cortical bone, but it 
has smaller quantities of hydroxyapatite, collagen, water, and other proteins. This 
makes trabecular bone a complex anisotropic material with differences in tension, 
compression, and shear strengths between trabecular and cortical bone. The variation 
in this composition as a result of aging and diseases contributes to differences in 
mechanical properties (Keaveny & Yeh, 2002). 
At the microscale of trabecular bone, spongy trabecular bone comprises thin 
rods and plates, called trabeculae, which form highly anisotropic and heterogenic 
materials. These trabeculae are arranged in semi‐regular 3D patterns with 
interconnected open–porous networks, which appear macroscopically as a cellular 
solid material. The porous networks promote metabolite and nutrient transportations 
inside the trabecular bones. Bone marrow and cells inside of pores promote bone 
formation (Keaveny et al., 2001). The average thickness of trabeculae is 300 μm and 
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pore size is about 800 μm (Hildebrand, Laib, Müller, Dequeker, & Rüegsegger, 
1999). 
The architecture of trabecular bones differs at different anatomical sites. For 
example, the architecture of vertebral bone is created with rod‐like structures, 
whereas the plate‐like structure is present at the femoral head, as shown in Figure 
2.3. The architecture at different locations on the same bone can also differ in 
response to the magnitude and direction of mechanical stimuli. Rod‐like trabecular 
structures commonly occur in low‐stress regions, whereas plate‐like trabecular 
structures develop in regions of high stress. This heterogeneity means that the 
architecture of trabecular structure corresponds to its mechanical performances. The 
experiment by Ding and colleagues proved that the plate‐like structure reflects higher 
strength than the rod‐like structure (Ding, Odgaard, Danielsen, & Hvid, 2002). 
 
Figure 2.3: Bone architecture created with additive manufacturing techniques: 
(a) rod‐like specimen from lumbar spine; (b) plate‐like specimen from femur 
(Hildebrand et al., 1999). Reprinted with permission of the Wiley Materials. 
In summary, the mechanical properties of trabecular bone depend on its 
volume fraction, architecture, and local trabecular tissue material properties. It is 
now generally accepted that the trabecular bone structure is a result of load‐adaptive 
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bone remodelling. Understanding these properties such as the elastic modulus and 
failure properties is of clinical and biological importance for developing new 
applications and for evaluating the effects of drug treatment, aging, and diseases at 
the tissue level (Bayraktar et al., 2004).  
2.2.1.2. Cortical bone  
Cortical bone contributes about 80% of the weight of the human skeleton and 
forms the cortex or shell of most bones. The main functions of cortical bone include: 
(a) supporting the entire body, (b) protecting the organs, and (c) storing and releasing 
chemical elements such as calcium. As in trabecular bone, the complex and dynamic 
microstructure of cortical bone adapts continually throughout life.  
Cortical bone comprises the primary anatomical and functional unit, called an 
osteon. At the microscale, this fundamental functional unit of cortical bone forms a 
cylindrical shape that is several millimetres long and about 200 μm in diameter 
(Deuerling, Yue, Espinoza Orías, & Roeder, 2009). The osteon is created with 
concentric layers, known as lamellae, surrounding the central canal of the osteon. 
This unit exhibits anisotropic properties as do trabecular bones because both the 
elastic modulus and hardness of the osteon decrease from the centre to the boundary. 
2.2.2. Sub‐microstructure 
2.2.2.1. Lamella 
Trabeculae and osteons are created by formation of thin plate‐like structures 
located very close to one another, with an open space in between, called lamellae. At 
this structural level, a lamella is formed by collagen fibrils reinforced with apatite 
crystals (Figure 2.4). At the higher structural level, the lamellae are aligned in 
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different orientations to form either osteons in cortical bone or trabeculae in 
trabecular bone.  
 
Figure 2.4: The diagram shows the lamella structure which is the composite 
layer building trabeculae (Hamed, Jasiuk, Yoo, Lee, & Liszka, 2012). 
2.2.3. Nanostructure 
2.2.3.1. Collagen fibrils and apatite crystals 
The full hierarchical structure of bone is extremely complex and variable, 
although its basic building elements are created with the same materials, mineralised 
collagen fibrils. The collagen fibril comprises cross‐linked collagen molecules, 
hydroxyapatite, water, and a small amount of non‐collagenous proteins (Giraud 
Guille, Mosser, Helary, & Eglin, 2005; Hamed & Jasiuk, 2012). Each fibril is made 
up of many microfibrils, which are helical assemblies of tropocollagen molecules at 
the sub‐nano scale.  
Bone is regarded as a composite material comprising mainly stiff 
hydroxyapatite‐like mineral particles embedded in an elastic matrix made of collagen 
fibres at the nanoscale. The anisotropic shape of mineral particles causes bones to 
exhibit anisotropic properties. The viscoelasticity of bone results from the presence 
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of collagen fibres in the bone matrix. Both anisotropy and viscoelasticity of cortical 
bone can influence the fixation of implant materials.  
Understanding bone structures and properties is vital for creating bone‐
substituted materials for bone‐replacement procedures and also is necessary for 
improving the design and performance of bone implants such as the femoral 
prosthesis in THA.   
2.3. Total hip arthroplasty (THA) 
THA is the standard procedure for hip replacement, and the implant comprises 
two components: the weight‐bearing part and the bony part. This research focuses on 
the bony part, especially the femoral stem component because it has a higher 
incidence of femoral implant failure. 
2.3.1. Anatomy of the hip joint  
The hip joint is described as a constrained articulation between the spherical 
head of the femoral head and the concave socket of the acetabulum (Figure 2.5). The 
femoral head and acetabular floor are classified as a ball‐and‐socket joint. The hip 
joint is covered by articular cartilage and synovial tissues, which also make the hip 
joint a synovial or diarthrodial joint in terms of its histopathology. Articular cartilage 
covers 60–70% of the femoral head beyond the acetabular brim to provide a full 
range of motion (Byrne, Mulhall, & Baker, 2010). In the healthy hip joint, cartilage 
ensures shock absorption and smooth motion, and the synovial membrane produces 
synovial fluid as joint lubrication.  
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Figure 2.5: Frontal view of the normal hip joint (Byrne et al., 2010). 
The acetabular depth is increased by the fibrocartilaginous acetabular labrum, 
which lines the acetabular rim just beneath the joint capsule. Its function increases 
joint stability by acting as a seal between the socket and the femoral head to prevent 
leakage of fluid from the intra‐articular space and to prevent hip joint dislocation 
(Byrne et al., 2010). Cadaveric studies have shown that the femoral head can remain 
in the socket as the ligaments and musculature of the hip are removed because of this 
suction effect. An increase in intra‐articular pressure resulting from the labral seal 
during weight bearing activities reduces intra‐articular friction by improving joint 
lubrication. The outermost part of the hip joint is surrounded by a thick fibrous 
capsule and three reinforcing ligaments that help to stabilise the hip joint at the 
extremes of range of motion. 
The head of the femur is attached to the femoral shaft by the femoral neck with 
the neck–shaft angle in the range of 125 ± 5° in the normal adult. The lateral offset of 
the femoral shaft facilitates the freedom of joint motion (Polkowski & Clohisy, 
2010). However, an increase in the lateral head–shaft offset deviation angle outside 
this normal range will mean that the lever arms used to produce motion by the 
abductor muscles will be either too small or too large.  
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2.3.2. Hip motion 
The hip joint serves as a link between the lower limbs and the trunk, and the 
motion between these body parts allows for bipedal ambulation. It has six degrees of 
freedom: three planes of motion (flexion–extension, abduction–adduction, and 
internal–external rotation) as shown in Figure 2.6.  
 
Figure 2.6: Planes of hip motion.  
The motions of the hip joint can be characterised in each phase during the gait 
cycle of both running and walking. The averages hip motions in flexion and 
extension are about 35 and 10 degrees, respectively. In walking, in the heel‐off 
phase, the hip is maximally extended, and maximum flexion occurs during the late 
swing phase. During the stance phase of the gait cycle, the hip is adducted and 
internally rotated, which brings the centre of gravity close to the hip joint line. The 
hip abducts and externally rotates as the lower limb moves forward during the swing 
phase (Polkowski & Clohisy, 2010). The functional motions of the hip joint 
contribute to the multidirectional application of load onto the femur.   
2.3.3. Femoral hip implants 
THA was introduced in the 1960s through the design of Sir John Charnley 
(Figure 2.7). However, the concept of cemented fixation in the original design 
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restricted the replacement to older patients because of the high incidence of aseptic 
loosening in young active patients. 
 
Figure 2.7: Radiograph of a 26‐year follow‐up of the first‐generation Charnley 
model of cemented total hip arthroplasty (Learmonth, Young, & Rorabeck, 2007). 
Reprinted with permission of Elsevier. 
In the early 1980s, cementless fixation of the femoral component was 
introduced with the purpose of avoiding use of cement and reducing the high 
loosening rate for cemented femoral components in younger, more active patients. 
The introduction of cementless fixation has expanded the indications for THA to 
include younger patients (Khanuja, Vakil, Goddard, & Mont, 2011). At present, 60–
90% of the THAs performed yearly in the United States involve cementless fixation 
of both the acetabular and femoral components (Khanuja et al., 2011).  
The mid‐term results of the first‐generation cementless implants were 
disappointing because of the high aseptic loosening rates of up to 35% (Khanuja et 
al., 2011). This implant also had a high incidence of severe thigh pain. Changing the 
implant design, surgical techniques, and stem coating were key factors for improving 
the fixation and long‐term durability.  
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These developments in surgical technique and design have led to the new 
generations of cementless femoral components to achieve an initial tight interference 
fit of the prosthesis, and the coated or roughened surfaces can then allow bone 
attachment to the implants. Bone can grow into the porous surface of implants. Bone 
growth into the implant requires a pore size between 50 and 400 μm. and a 
percentage of voids within the coated surfaces between 30% and 40% to maintain 
mechanical strength (Haddad, Cook, & Thomas, 1987). The growth surfaces can be 
produced using sintered beads, fibre mesh, or porous metals. Sintered beads are 
microspheres of either cobalt–chromium or titanium alloys, which are attached to the 
implant surfaces using high temperatures (Bourne, Rorabeck, Burkart, & Kirk, 
1994). Fibre mesh coatings are metal pads that are attached by diffusion bonding. 
Porous metal is of interest for future trends in bone implants (Figure 2.8) because of 
its more controllable features with a uniform 3D network, high interconnectivity of 
the voids, and a high porosity (75–85%) over the surfaces produced with sintered 
beads and fibre metal coating (30–50%) (Khanuja et al., 2011; Lewallen et al., 2015). 
 
Figure 2.8: An anatomically adapted femoral stem and hemispherical cup with 
a fully coated Spongiosa‐I metal‐surface chromium total hip implant (Al Muderis, 
Bohling, Grittner, Gerdesmeyer, & Scholz, 2011). Reprinted with permission of 
Wolters Kluwer. 
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The newer generation of tapered proximal wedge stems achieves a press‐fit 
mechanism of femoral components, which allow a better initial bone fit and bone in‐
growth and on‐growth. Modern stems, either proximally or fully circumferentially 
coated with a number of materials, have excellent outcomes even in higher‐demand 
younger patients. Although survival rates up to 97% have been reported after 8–12 
years, the long‐term results show overall loosening rates of 0–15% (Sanfilippo & 
Austin, 2006). The main cause of aseptic implant loosening is the adaptive bone 
remodelling from the prostheses (Schmidt, Mueller, Nowak, & Pitto, 2003). 
2.3.4. Bone adaptive remodelling 
Bone adaptive remodelling is the adaptive process of bone density according to 
the mechanical forces acting on the bone (Rho, Hobatho, & Ashman, 1995). Peri‐
implant bone stress shielding (Figure 2.9) leads to the loosening of an implant 
because of bone atrophy in the absence of an adequate mechanical stimulus based on 
the principle known as Wolff’s law (Schmidt et al., 2003).    
The extent of stress shielding depends on the size, design, and elastic modulus 
of the implant. Although modern cementless stems aim to increase proximal load 
transfer through metaphyseal fixation, both cortical and cancellous bone density can 
decrease in the metaphysis and consequently requires revision surgery in the long 
term (Pitto, Hayward, Walker, & Shim, 2010). Cobalt–chromium–molybdenum 
(CoCrMo) alloys and titanium–aluminum–vanadium (Ti4Al6V) alloys are most 
commonly used for cementless femoral stem designs. Although the modulus of 
elasticity of titanium alloys is closer to that of bone than is that of cobalt–chromium 
alloys, the wear resistance of CoCrMo is higher than that of Ti4Al6V (Takaichi et 
al., 2013). Therefore, CoCrMo is commonly used for bearing surfaces and Ti4Al6V 
is favourable used on the stem component where the osseointegration is required.   
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Figure 2.9: Severe metaphyseal stress shielding after total hip arthroplasty, 
(left) and  periprosthetic fracture following the implant loosening, (right) (Yamada et 
al., 2009). Reprinted with permission of Springer. 
Finite element analysis shows that the extent of stress shielding is directly 
related to stem stiffness; therefore, Ti4Al6V should contribute to less stress shielding 
than the CoCrMo. However, the modulus value of Ti4Al6V is still higher than the 17 
GPa in cortical bone or around 15–25 GPa depending on age, sex, and preparation 
techniques, and the metaphyseal stress shielding still occurs (Krishna, Bose, & 
Bandyopadhyay, 2007). Using porous metals or functional graded materials may 
reduce the effect of bone adaptive remodelling due to the lower stiffness of porous 
structures compared to the solid metals. 
The complex hierarchical bone structure largely determines the mechanical 
properties of bone and makes bone a unique material. Therefore, linking the 
multiscale structure of bone to the implant is the challenge for engineers (Ghanbari & 
Naghdabadi, 2009).  A porous implant is beneficial since it lessor affects the adaptive 
remodelling of the peri-implant bone and the pore structures also attract cells to be 
growth. It is difficult to exactly replicate the microstructure of bone because of the 
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variations of the tissues. Instead of fabricating the microstructure of bone, lattice 
structures with interconnected pore networks or cellular structures are theoretically 
reproducible using noncomplicated structures.   
2.4. Cellular structures 
Cellular structures are the porous materials that comprise an interconnected 
network of solid struts or plates that is assembled in such as way as to provide a 
lightweight porous structure (L. J. Gibson, 1989). Materials made of a cellular 
structure are common in nature, including in cortical and cancellous bones.  
The different material orientations at the nano‐ and sub‐microscales between 
bone tissues and fabricated materials make it difficult to mimic bone properties 
completely (Podshivalov et al., 2014). Although the morphological parameters of 
cellular metals and bone seem to be similar, the mechanical properties differ 
significantly between the porous metal and bone (Figure 2.10) because of the 
differences in the composite materials and hierarchical structures of bone and 
engineered materials (Guillén et al., 2011).   
 
Figure 2.10: Micro‐CT images of bovine cancellous bone (a & b) and three 
open‐cell metallic foams (c) showing similar morphology (Guillén et al., 2011). 
Reprinted with permission of Springer. 
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It is difficult to predict the mechanical properties of bone morphology‐like 
structures because of high computational costs. To overcome these challenges 
associated with the large‐scale finite element models, most researchers prefer to 
evaluate the bone trabecular structures as 3D cellular structures (Oxnard, 2004).  
To replicate the functions of the replaced bones, researchers have focused on 
the simple and regular cellular structures of polyhedra (Leong, Cheah, & Chua, 2003; 
Liulan, Qingxi, Xianxu, & Gaochun, 2007; Loh & Choong, 2013; Van 
Cleynenbreugel, Van Oosterwyck, Vander Sloten, & Schrooten, 2002). These 
functions require specific porosity, pore size, and other parameters to optimise both 
the biological and mechanical performance. It is therefore necessary to characterised 
the biological, mechanical, and permeability performance of different elemental units 
that comprise the bone scaffolds (Bidan et al., 2013; Loh & Choong, 2013).   
Designing elemental units with functionalities equivalent to bone tissue can be 
performed and evaluated using computer‐aided techniques. The next section reviews 
the methods and designs of cellular structures and identifies the knowledge gaps in 
the design of cellular structures for bone implants. 
2.4.1. Computer‐aided design‐based methods 
Commercial computer‐aided design (CAD) tools are usually based on solid or 
surface modelling systems: constructive solid geometry (CSG) and boundary 
representation (B‐Rep). In the first method, CSG‐based models are made by mating 
the representative of solid primitives using Boolean operations. This process makes it 
possible to create cellular structures without hanging edges. However, CSG 
algorithms are often restricted to simple geometric designs of solid primitives (Chua, 
Leong, Cheah, & Chua, 2003).  
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The second model based on B‐Rep is described through its boundaries 
comprising a collection of vertices, edges, and loops, which have no relationships 
between them. Thus, an object in the B‐Rep model comprises an object’s faces, 
edges, and vertices connected together in such a way to ensure the topological 
consistency of the model. This topology is produced by performing Euler operations, 
and the geometry is built by performing Euclidean calculations. Euler operations are 
used to create, manipulate, and edit the faces, edges, and vertices of a B‐Rep model, 
as in the Boolean operations in CSG models. A preliminary check of gaps and 
overlaps between the boundaries of B‐Rep models can be verified using Euler 
operators (Giannitelli, Accoto, Trombetta, & Rainer, 2014).  
There are both advantages and disadvantages of these two techniques. B‐Rep 
models use a larger storage space than CSG, but require less computational 
simulation time. Consequently, the huge storage data of complex small‐scale internal 
architecture is inevitable when modelling with the B‐Rep method. Topology creating 
using the B‐Rep model is considered to be non‐graphical relational information that 
is stored in solid model databases and is not visible to users; therefore, it can be 
difficult or impossible to visualise and manipulate the internal architecture of the 
primitives (Giannitelli et al., 2014).  
2.4.2. Unit block approach 
CAD modelling using CSG techniques requires an identification of the basic 
elements (primitives or unit blocks). The unit blocks preferred in biomedical 
engineering applications are classified as polyhedral objects. A polyhedron (plane‐
faced polyhedron) includes the connections between planar faces, linear edges, and 
vertices. (Cheah, Chua, Leong, Cheong, & Naing, 2004).  
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Two types of unit blocks can be generated. The first method creates a solid 
geometry as an inclusion of void spaces, and the second creates a geometric regular 
polyhedron as a cellular model (Wettergreen et al., 2005). The first type of 
architecture is a space‐filling solid such as a sphere or cube (Figure 2.11).  
 
Figure 2.11: Sphere‐shaped space‐filling units (a) superimposed onto a solid 
structure (b) using standard Boolean operations, resulting in a void structure 
exhibiting the desired geometry (c). 
The consequences of superimposing a void structure onto a solid structure 
using standard Boolean processes produce a hollow or shelled structure of the 
desired geometry (Sudarmadji, Chua, & Leong, 2012). The porosity of these solid 
architectures is determined from the ratio of solid volume to the envelope volume. 
Therefore, the porosity of space‐filling solid architectures can be adjusted to match 
the desirable value by changing the volume of the void elements.  
The second method is a wire‐frame structure, or lattice structure, of a group of 
geometric polyhedra, the Archimedean and Platonic solids (Cromwell, 1997). The 
benefits of using these polyhedra as the building unit block are that they are regular 
(i.e., both equiangular and equilateral) and thus can show the desired symmetry. This 
model is initially used as a volumetric representation to represent the porosity, as 
opposed to space‐filling solids, which represent solid volumes, as shown in Figure 
2.12.  
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Figure 2.12: Polyhedron generated as unit blocks. Cubic shape space‐filling 
unit model and its wireframe structure of the cubic unit cell (a). The assembling of 
unit blocks (b) combined into the cellular structure (c) using Boolean operations. 
Each edge of a polyhedron is converted to a beam of the corresponding length 
to create the open‐porous unit elements. Each beam is equilateral and has the same 
beam thickness. The porosity of these architectures is determined from the ratio of 
the summation of the beam volumes to the envelope volume of a bounding box. The 
porosity can be adjusted by modifying the beam thickness and/or the unit dimension 
until the desired value is obtained.   
2.4.3. Computer‐aided system for tissue scaffolds 
The disadvantage of manually designing and assembling unit cells is that it is a 
time‐consuming process. An algorithm to automatically assemble the desired 
geometry was developed by Chua et al. (2003) and Cheah et al. (2004). This 
algorithm or computer‐aided system for tissue scaffolds (CASTS) allows the user to 
input the design parameters with a function that automatically calculates the basic 
parameters including void sizes, porosities, and surface area‐to‐volume ratio. 
Therefore, the polymeric models can be easily obtained or modified by changing few 
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structural parameters, and then the computer can adjust the internal architectures to 
match the requested geometry. 
However, CASTs perform poorly in replicating the complicated porous 
objects, particularly bone structures. As the result of automatically processing 
procedures of dedicated subroutines, CAST cannot control the structures present the 
graded microstructural morphology. 
2.4.4. Influence of unit architecture 
CAD‐based unit cells, usually designed from primitive geometries such as 
polyhedral unit cells, can be developed and assembled into bone scaffold 
microarchitectures. Basically, the polyhedra are convex structures and their shapes 
are not too complex to be easily modelled using CAD processes. The assembly 
process is performed by replicating the unit cells and merging their faces to their 
adjacent unit cells. Examples of polyhedral unit cells that can be used to create 
scaffolds are shown in Figure 2.13. 
 
Figure 2.13 Five polyhedral unit cells with the resultant scaffold blocks 
obtained from combining the unit cells (Sudarmadji et al., 2012). Reprinted with 
permission of Springer. 
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Mechanical testing of fabricated polyhedra building blocks illustrated that 
architectures sharing the same material volume but differing in material 
arrangements or structures result in different mechanical properties (Tarawneh, 
Wettergreen, & Liebschner, 2012). Therefore, the mechanical performance of such 
cellular structure with varying architectures behaves differently depending on the 
wireframe structure of the unit cells. 
2.4.5. Effects of bone formation on bone tissue scaffolds 
Porous cellular structures have been proposed to reduce stiffness and to 
provide suitable microenvironments in terms of the mechanical support and physical 
and biochemical stimuli for optimum cell growth and function (Hollister, 2005; 
Inglam et al., 2013; Tarala, Janssen, & Verdonschot, 2011). The porosity and pore 
size of cellular materials have significant effects on the mechanical and biological 
functionalities of biomedical applications.  
Open porous and interconnected networks are crucial for providing cell 
nutrition, proliferation, and migration leading to tissue vascularisation and formation 
of bone cells (Hollister, 2005). A porous surface also helps to facilitate mechanical 
interlocking between the structure and surrounding bone to promote the implant’s 
mechanical stability (Karageorgiou & Kaplan, 2005). Moreover, a benefit of the 
interconnected porous network is the ability to guide and promote new tissue 
formation through the effective transport and exchange of biofactors such as 
proteins, genes, cells, or good substrates through this network. The ideal bone‐
mimicking characteristics for bone cell growth and function are listed in Table 2.1 
(Naing, Chua, Leong, & Wang, 2005). 
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Table 2.1: Structural requirements for bone osseointegration. 
Structural requirements for bone growth  
Pore size: 
dictates the type of cell 
that penetrates and 
proliferates.  
• 100–700 μm (Bobyn, Pilliar, Cameron, & Weatherly, 
1980) 
• 200–500 μm (Levine, 2008) 
• 450–600 μm (Mullen, Stamp, Brooks, Jones, & Sutcliffe,
2009) 
Porosity: 
critical performance 
factor of bone in‐growth 
structures. 
• 60–80 vol/vol% (Mullen et al., 2010) 
• 50–75 vol/vol% (Levine, 2008) 
• 60–70 vol/vol% (Mullen et al., 2009) 
Interconnected pore 
network 
• Competent interconnecting pores  
(no enclosed pores) 
High surface area‐to‐
volume ratio: 
• Surface roughness can enhance attachment, proliferation,
and differentiation of bone‐forming cells (Karageorgiou 
& Kaplan, 2005) 
The primary requirements for bone in‐growth are well understood. Porosity 
and pore size play critical roles in bone formation on biomaterial implants in vitro 
and in vivo (Karageorgiou & Kaplan, 2005). Open cellular structures may be the 
optimum structure to enhance cell activities and to reduce the stiffness of metal 
implants with voids inside the structure. With AM technologies, it may be possible to 
create the complex porous structural model using CAD.  
2.4.6. Functionally graded materials 
The idea of FGMs has been developed over the past three decades to minimise 
the thermal stress in metallic–ceramic composites for reusable rocket engines 
(Koizumi & Niino, 1995). The concepts of graded porous structures have been 
extended into biomedical fields such as innovative methods for modelling of 
biomimetic designs. The multiscale structures and heterogeneity of bone tissue help 
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to optimise bone structures for withstanding functional loads. Bone structure is a 
good example of gradually organised architectures as the anatomical, biological, and 
mechanical levels.  
Implants used for bone replacement must follow the functional requirements 
such as the external shape of the replacement, pores for vessel and nutrient conduit, 
and stiffness to avoid stress shielding and to stimulate growth of new tissues. 
Therefore, the design of innovative orthopaedic bone devices that follow the 
mechanical and biological functions of high‐performance structures has gained 
increasing interest.    
Bone scaffolds that try to mimic architectural cues through the introduction of 
material gradients are termed functionally graded scaffolds, FGSs (Leong, Chua, 
Sudarmadji, & Yeong, 2008). A simple approach to develop a functionally graded 
implant is to mimic the functional requirements of bone tissue by varying the 
porosity of different regions or creating heterogeneous porosity according to a 
natural reference structure (Figure 2.14).  
 
Figure 2.14: Gradient‐controlled porosity prototypes with varying pore sizes 
from the core to the periphery to resemble bone anatomy (Kalita, Bose, Hosick, & 
Bandyopadhyay, 2003).  
To create FGSs, new computer‐aided tools must allow a user to obtain the 
desired porous organisation in a continuous and interconnected way throughout the 
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entire geometry. However, it is difficult to create FGSs. Firstly, interfacial 
discontinuities between two adjacent regions and disconnectivities of the deposition 
path planning are commonly detected in scaffolds with graded porous architectures. 
Secondly, occlusions inside the FGSs also adversely affect fluid flow and nutrient 
and waste transport. In addition, a crack inside an FGS increases local stress 
concentration, which can contribute to the risk of implant failure (Giannitelli et al., 
2014). Therefore, other methods are needed to optimise the design of cellular 
structures and design methods using appropriate continuous functional gradients. 
Pandithevan and Saravana Kumar (2009a) introduced tool paths using space‐
filling fractal curves as the method to create FGSs. A fractal is generally a rough or 
fragmented geometric shape that can be subdivided into parts called self‐similarity 
and non‐intersected lines. This tool path has shown great potential for fabricating 
with AM techniques, and the porosity of scaffolds can be controlled by different 
levels of fractal scales relating to the porosity of bone (Pandithevan & Saravana 
Kumar, 2009a, 2009b). Although the porosity is well controlled in each layer, 
enclosed pores and poor interconnecting pores inside this structure when fabricating 
into stacks are of concern and limit the use of fractal curves. 
The internal architecture of graded cellular structures requires further 
investigation of the mechanical performances and stress‐transferring characteristics 
to ensure that FGMs can match the replaced bone.  
2.5. Additive manufacturing (AM) techniques  
 AM technologies were first developed in the late 1980s, and advances in AM 
fabrication techniques has significantly improved the creation of complex structures 
with precise geometries by combining data imported from CAD. Previously, AM 
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techniques were used in the process of prototype fabrication when designing a new 
product. AM techniques have been introduced to replace the long processing 
methods of traditional prototyping techniques, which involve mould making and 
casting steps, for preparing a final product. AM methods can significantly shorten the 
time needed for fabrication of products to within hours. The development of AM 
technologies reduces manufacturing costs and improves the properties of the 
manufactured parts. These AM techniques are not limited to the rapid manufacture of 
prototypes but can also be used for manufacturing a final product in small series.  
By using a layer‐by‐layer build process, AM techniques refer to a group of 
solid freeform fabrication techniques that can produce prototypes or final products of 
near net shape based on CAD models. AM technologies are now used in the 
biomedical field because of their ability to create lightweight complex structures that 
are suitable for bone tissue‐engineered materials (Melchels, Feijen, & Grijpma, 
2010). 
 
Figure 2.15: Overview of additive manufacturing processes. 
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Basically, CAD data are converted to a standard tessellation language‐type 
(STL) file format and transferred to process in all AM techniques by converting these 
data into a series of two‐dimensional cross‐sectional layers. A solid model is then 
processed starting from the bottom layer and proceeding upwards. Each layer is 
glued or bonded to the prior layer to form a solid model according to the CAD model 
(Figure 2.15). 
More than 20 AM systems have been developed and commercialised in the 
past two decades. These layering methods can be categorised into three types 
according to the processing materials: liquid‐based, solid‐based, and powder‐based 
AM systems, as summarised in Table 2.2 (Peltola, Melchels, Grijpma, & Kellomäki, 
2008).  
Table 2.2: Overview of additive manufacturing (AM) technologies used for 
biomedical applications. 
 AM Technologies 
 SLA FDM 3DP SLS/SLM 
Principle 
 
Photopolymerisation 
 
 
Melt 
extrusion 
 
Powder + binder 
deposition 
 
Powder 
sintering/melting 
 Polymers 
Ceramics     
Metals     
Hydrogels     
Cells     
Liquid‐based technologies include stereolithography (SLA), and fused 
deposition modelling (FDM) is a solid‐based system. Selective laser sintering (SLS), 
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selective laser melting (SLM), and 3D printing (3DP) are categorised as powder‐
based systems, and they provide a variety of material choices including polymers, 
ceramics, and metals. 
2.5.1. Stereolithography  
The manufacturing of SLA processes is based on the controlled solidification 
of a liquid resin by photopolymerisation (Figure 2.16). A laser beam or a digital light 
projector is controlled by a computer‐driven building stage. It illuminates an 
ultraviolet (UV) light onto the resin’s surface to form a layer pattern. The resin in 
this pattern is solidified to a defined depth, which causes it to adhere to a layer 
underneath or a platform. After photopolymerisation of the first layer, the platform is 
moved downward a certain distance from the liquid surface, which allows the liquid 
resin to fill the following built layer. The pattern is then cured in this second layer. 
Repeating these processes of curing an individual pattern in each layer contributes to 
a solid construct within the 3D object. After draining the excess resin and cleaning, 
an as‐fabricated (or green) structure is obtained.  
 
Figure 2.16: Scheme of the SLA process. 
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In general, the results of photopolymerisation of printing processes is usually 
incomplete, and additional post‐curing with UV light is required to improve the 
mechanical properties of the structures (Hutmacher, Sittinger, & Risbud, 2004). The 
quality of the SLA products is determined by resolution of the layer movement (≤1.3 
mm) and laser spot size of 80–250 mm (Harris, Hague, & Dickens, 2004). 
Because the solidification of the liquid resin in relation to the layer resolution 
is crucial for bonding these patterns between connecting layers, it is essential to 
control the precision of the each layer’s thickness through complete cure of the 
material. For a given resin, the cure depth is determined by the energy of the light to 
which the resin is exposed. This energy can be controlled by identifying the 
appropriate power of a light source, scanning speed, and exposure time. Although the 
kinetics of the curing reactions (initiation, propagation, termination) can be predicted 
mathematically, the actual polymerisation process involves multifunctional 
monomers and is complex to validate.  
A limitation of SLA fabrication in biomedical applications is that it can be 
difficult to create anatomical models for surgical planning because of shrinkage of 
the processed products. This may produce pronounced deformation when fabricating 
small and complicated objects because of absorption and scattering of the laser beam. 
2.5.2. Selective laser sintering 
SLS techniques use a CO2 laser beam to sinter a polymeric and ceramic 
powder layer by layer to form a solid 3D object (Figure 2.17). The laser beam sinters 
a material powder to the temperature at just beyond the glass transition point, which 
causes the particles to fuse together and form a solid mass. The following layers are 
then built directly on the top surface of the previously sintered layers with a new 
layer of powder deposited by a roller (Paul & Baskaran, 1996). 
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Figure 2.17: Scheme of the SLS process. 
Because it is better able to create a more accurate geometry than SLA, SLS 
techniques are advantageous for engineering bone tissue structures made with 
polymers, bioceramics, or composites. From a practical perspective, powdered 
biomaterials that can fuse but not decompose under a laser beam are suitable for SLS 
fabrication. Additionally, SLS does not require the use of any organic solvent as 
required of 3DP techniques. Therefore, this cost‐effective and efficient method is 
preferable for constructing scaffolds with the complex anatomical geometry of bone 
structures. 
2.5.3. Fused deposition modelling 
FDM was developed to fabricate polycaprolactone (PCL) scaffolds by a group 
of engineers and doctors from the National University of Singapore and National 
University Hospital. FDM‐processed PCL scaffolds have been applied to patch a 
hole in the skull. The FDM operation is controlled by the movement of an extrusion 
head in horizontal axis while the platform lowers in a vertical plane for each new 
layer to form the scaffold in a manner similar to that used in other AM techniques. 
The head extrudes the semiliquid state thermoplastic polymer, such as PCL, in 
ultrathin layers precisely into place. The extruded material then becomes the solid 
state that adheres to the preceding layer. A limitation of FDM is that it is more 
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suitable for creating solid parts rather than very complex bone structures because it 
needs connectivity during filament extrusion to form the object in each layer (Figure 
2.18). 
 
Figure 2.18: Scheme of the FDM process. 
2.5.4. Three‐dimensional printing 
The technique uses conventional inkjet printing technology. A 3D model is 
constructed by spreading the first layer of fresh powder over a building tank. An 
adhesive binder solution is deposited onto the powder layer by an inkjet print head. 
After completely printing of the 2D layer pattern, a fresh layer of powder is laid 
down. The printing repeats in cycles to merge adjacent layers using a binder until the 
whole is completed (Figure 2.19).  
 
Figure 2.19: Scheme of the 3DP process. 
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The binder and unbound powder are removed to obtain the finished 
component. The resolution of printing is limited by the size of the nozzle, and the 
particle size determines the layer thickness (80–250μm) (Hutmacher et al., 2004). 
The drawback of using the binder for the porous parts is difficulty in removing the 
internal unbound powder and binders, which may be toxic to cells. Therefore, a key 
requirement for 3DP of tissue‐engineering materials is to use biocompatible powder–
binder systems. For example, bone‐like calcium phosphates are highly biocompatible 
materials that have been adapted to 3DP techniques because they can be processed 
without using cytotoxic organic solvents.  
2.5.5. Selective laser melting 
SLM was developed from SLS based on higher quality lasers (Gorny et al., 
2011). SLM technology creates 3D metal parts using a laser beam that locally melts a 
metal powder layer by layer as directed by CAD data, Figure 2.20.  
 
Figure 2.20: Scheme of the SLM process. 
In the past few years, SLM has been used for the fabrication of dental implants 
and medical implants such as knee and hip joint replacements. Several studies have 
discussed the improved mechanical properties, chemical properties, and 
biocompatibility of the finish parts (Brenne, Niendorf, & Maier, 2013; Girardin et al., 
2016; Mengucci et al., 2016). Materials used for SLM processes are powder‐based 
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manufacturing techniques, which can be fabricated with a variety of metal alloys 
including titanium, stainless steel, and cobalt–chrome alloys. 
There is no consensus about the mechanical behaviours and structural integrity 
of metallic components created with SLM techniques compared with conventional 
manufacturing processes because of the many factors used in the processing. 
Nevertheless, the quality of the surface finish, unsupported facing surfaces, and 
thermal residual stresses are typically the most important limiting problems that may 
affect SLM products (Mengucci et al., 2016). 
SLM parts usually presented a rough surface finish in their as‐built condition. 
The poor surface finish is a consequence of the stair‐stepping effect, Figure 2.21 
(Paul & Baskaran, 1996), which results from the stepped approximation of each 
component layer, which can comprise a curved or inclined surface. The surface 
defects can also result from the laser beam‐induced balling phenomenon, which can 
cause discontinuities in the scan tracks.  
 
Figure 2.21: Stair‐stepping effect in the layer fabrication of a curved surface. 
The lack of self–support for metal powder in the powder bed during the 
scanning restricts the designs of metal printing, unlike in polymer printing. Any 
surface with an inclination angle less than 45 degrees results in a downward facing of 
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the scan track, which affects the dimensional accuracy, surface finish, and 
mechanical properties, Figure 2.22 (Paul & Baskaran, 1996).  
 
Figure 2.22: Effects of beam inclination angle on laser‐melting metal powder. 
To improve the quality of SLM parts, such as surface roughness, strength, 
accuracy, hardness, density, and residual stresses, it is necessary to control and select 
the optimum process parameters. There are more than 130 process parameters that 
can influence the SLM process. However, only 13 of these parameters are important 
for improving part quality. The main parameters are laser scanning speed, laser 
power, layer thickness, and hatching distance (Peltola et al., 2008). In addition to 
these processing parameters, the characteristics of the powder material, such as 
particle size and particle size distribution, are also of special concern. 
Residual stresses are self‐equilibrating and can occur in a body even if no 
external load or constraint is applied or stresses remain in a body when all sources of 
external load have been removed. SLM processes create thermally induced residual 
stresses because of the rapid change in and large temperature gradients induced by 
the laser heating (>1,000 °C) and cooling to room temperature (25 °C). This rapid 
change in temperature during scanning cycles contributes to the residual stresses in 
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the SLM parts and affects the dimensional accuracy and mechanical properties of the 
components. In many cases, improvements in the mechanical response are obtained 
by post‐production treatment (Mengucci et al., 2016). SLM processes with post‐
thermal stress relief may increase the ultimate strength and hardness of the 
components (Mengucci et al., 2016). 
Although the SLM process and post thermal treatment of metallic alloys, such 
as CoCrMo and Ti4Al6V have been previously investigated, of which lattice 
structures could be fabricated using SLM techniques is required for further studies.  
2.6. Summary 
Hip implants are used to replace damaged bones and joints. The original 
orthopaedic bone implants differ from bone‐substituting scaffolds because metallic 
implants cannot form an original organ as can bone scaffolds. However, inclusion of 
the multiscale structure of bone tissue and functionally graded concepts allows 
metallic implants to behave more closely to the functional demands of the targeted 
bone. 
Advances in AM techniques now allow free‐form fabrication of cellular 
structures. Each AM technique used to produce different materials, such as polymer, 
ceramics and metals. However, the concepts of layer printing are the same and the 
accuracy of AM fabrications is processing dependence. These cellular structures 
exhibit the benefits of light‐weight structures and promote an environment for 
preserving bone functions. Grading the porosity within the cellular structures 
according to the mechanical and biological requirements allows metallic bone 
implants to mimic bone tissues more closely. There are few studies of the effects of 
graded materials used in orthopaedic biomedical devices (Chua, Leong, Sudarmadji, 
 Chapter 2: Literature Review 45 
Liu, & Chou, 2011; Khanoki & Pasini, 2012; Kuiper & Huiskes, 1997; Leong et al., 
2008; Oshkour, Osman, Davoodi, et al., 2013).  
As an example of bone implants, hip implants applied with grading of stiffness 
have more natural load transfer to the bone, and this reduces the stress‐shielding 
effect and peri‐implant bone resorption. However, understanding is incomplete about 
the mechanical aspects of grading orientation along the implants. Most studies have 
investigated this using computational simulation (Gong et al., 2012; Hazlehurst, 
Wang, & Stanford, 2014; Kuiper & Huiskes, 1997; Oshkour, Osman, Davoodi, et al., 
2013). 
The microstructural architecture determines the feasibility of cellular material 
manufacture and resistible mechanical forces acting on the macroscale. This research 
focused at the small‐scale on how the architecture of an implant can promote the 
environment and allow cells, collagen fibres, apatite crystals, and other elements to 
adapt its framework and to contribute to the implant’s ability to mechanically and 
biologically mimic bone at the macroscale. The optimum design of the internal 
architecture of graded cellular structures to be incorporated with bone implants is 
also unclear. Therefore, it is important to explore the effects of graded cellular 
structures on load‐transferring capability to identify the optimum structures in terms 
of the physiological, mechanical, and biological performance.      
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Chapter 3:  Investigation of an Internal Architecture of Cellular 
Structures for Bone‐mimicking Implants 
3.1. Introduction  
A cellular structure or porous material can help to reduce bone stress shielding. 
Pores inside these structures not only make them light weight and increased energy‐
absorbing, they also reduce the relative density of the materials and the stiffness 
mismatch. Although the porous networks allow the attachment, migration, 
proliferation, and functions of bone cells (Lorna J. Gibson, 2005; Wu, Liu, Yeung, 
Liu, & Yang, 2014), the mechanical properties of the porous structure are linked 
strictly to the internal pore architecture (Gümrük, Mines, & Karadeniz, 2013).  
The internal architecture controls both the mechanical properties of cellular 
structures and the biological functions of bone tissue. An inadequate internal 
architecture can cause occlusion because of the smaller pore sizes, which prevent cell 
penetration within the structures. Porous materials produced using conventional 
methods including solvent‐casting, salt‐leaching, and gas‐foaming techniques cannot 
be used to precisely control the internal architecture of pore size, pore geometry, and 
pore interconnectivity, and thus lead to poor biomechanical properties (Naing et al., 
2005; Peltola et al., 2008). By contrast, additive manufacturing (AM) techniques can 
precisely fabricate the complex 3D internal architecture based on layer fabrications 
(Tarawneh et al., 2012; Williams et al., 2005).  
The polyhedron‐shaped unit cell also determines the porosity and pore size of 
the cellular structures. Sudarmadji et al. (2012), Tarawneh et al. (2012), and 
Wettergreen et al. (2005) created the cellular structures based on the space‐filling 
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unit cells of polyhedral shapes and the mechanical performance could be easily 
controlled by the unit dimensions. It was reported that a cellular structure with cubic‐
shape units had similar stiffness and strength (E = 1.06–17.98 GPa and σ = 0.5–350 
MPa) as cortical and cancellous bones (Hazlehurst, Wang, & Stanford, 2013a; 
Mullen et al., 2009; Wieding, Souffrant, Mittelmeier, & Bader, 2013; Williams et al., 
2005). On the other hand, the cellular structures with bone‐equivalent stiffness could 
also be achieved using octahedral‐shape units (Ahmadi et al., 2014; Gorny et al., 
2011; Smith, Guan, & Cantwell, 2013). It is not clear what types of internal 
architectures should be adopted for bone implants.  
The mechanical response of polyhedral‐shape units has been investigated under 
uniaxial compression but the role of loading mode has not been well understood. Up 
to now, few studies have been carried out to investigate the effects of 3D internal 
architectures on both mechanical and biological behavior. 
Although PCL has been widely used for bone scaffolds, the low mechanical 
strength limits their applications for bone implants. VisiJet material (3D System, 
USA) is known as one of the tough, biocompatible polymers and can be processed 
using 3D printing (3DP) techniques. It has 3‐time greater elastic modulus and 
strength than PCL, and it could be created using AM techniques.   
In this chapter, the mechanical and biological performance of cellular 
structures with different 3D internal architectures under compression, shear and 
torsion was investigated. The stress relaxation, cell adherence and proliferation tests 
were also conducted to examine suitability of these structures as the implants.  
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3.2. Materials and methods 
3D internal architectures created by different types of small‐scale unit cells 
were investigated using polymeric materials as a prototype. The mechanical and 
biological performance of the cellular structures was compared. 
3.2.1. Material and 3D printing (3DP) 
 3D cellular structures were fabricated with a photopolymerisable polymer 
(VisiJet® M3 Crystal) using 3DP technologies (ProJet® 3500SD, 3D Systems). This 
polymer is urethane acrylate oligomer which has been certified by United States 
Pharmacopeia (USP) as a biocompatible material (Class VI). It has the tensile 
modulus of 1.594 GPa and tensile strength of 35.2 MPa, which are closer to the 
trabecular bone, i.e., 2.73 ± 1.06 GPa and 18 ± 6.4 MPa, respectively (Öhman et al., 
2007). This 3DP process can achieve an accuracy/layer thickness of 50/30 µm and 
requires hydroxylated wax as a supporting material (VisiJet® S300) during the 
printing. The wax was then removed afterwards via melting at 70 °C and multi‐step 
cleaning with 99% isopropanol.  
3.2.2. Design of 3D cellular structures 
The small‐scale unit cells selected for comparison in this work were based on 
polyhedral geometries with: (1) no enclosed pores after unit cell replication, (2) 
different strut orientations [0°/45°/90°] along the loading directions, or (3) internal 
architecture similar to that of trabecular bone. This research based the 3D internal 
architectures on the unit designs of octahedral [± 45°], pillar octahedral [0° ± 45°], 
cubic [0° ± 90°], and truncated octahedral shapes. 
The cellular structures were created by repeating these unit cells along the x, y, 
and z axes. In Figure 3.1a, the unit dimension (L) is 2 mm and strut size (t) is 400 
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µm and 500 µm were designed in a CAD software (SolidWorks 15, USA). 
Rectangular (10 x 20 mm) and cylindrical (10 x 30 mm) cellular structures were 
prepared to investigate the mechanical properties, Figure 3.1c.  
 
Figure 3.1: The designs of open‐porous cellular structures with different 
internal architectures: (I) octahedron [± 45°], (II) pillar octahedron [0° ± 45°], (III) 
cubic [0° ± 90°], and (IV) truncated octahedron. Small‐scale unit cells with L = 2 
mm (a) used to form the internal architectures (b) with the strut sizes, t of 400 µm 
and 500 µm. The final models manufactured using 3DP methods used for cell 
cultures (top) and mechanical testing (middle and bottom) (c). 
3.2.3. Characterisation of morphology 
The actual morphological properties of cellular structures were characterised 
using helium gas pycnometry (Pentapyc 5200e, Quantachrome) and scanning 
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electron microscope (SEM, Quanta 200, FEI). The skeletal density of the specimens 
was calculated as its weight per unit skeletal volume (Viana, Jouannin, Pontier, & 
Chulia, 2002), and the relative density (ρ*/ρs) was estimated by the ration between 
the density of cellular structures (ρ*) and the material (ρs = 1.02 g/cc). The overall 
porosity was evaluated as the ratio of the total volume of voids to the total volume of 
the cellular structure (Webb, 2001). The morphology and sizes were also interpreted 
using SEM with carbon coating, using the secondary electron detector at a voltage of 
4 kV and a working distance of about 10 mm. The pore size is determined by the 
shape of the unit cells and t as L was fixed. 
3.2.4. Mechanical tests 
Compression, shear, and torsion were measured in three replicates of each 
cellular structure, Figure 3.2. Quasi‐static compressive and shearing tests were 
performed in a strain‐controlled situation, with the crosshead movement rate of 1 
mm/min using an Instron 5985 mechanical testing machine with 2 kN load cell. 
Compressive and shear stresses were calculated as the ratio of the load range and 
cross‐sectional area of the specimen, and strain was calculated as the ratio of 
displacement from its initial position to the initial length. The compressive and shear 
moduli of cellular structures (E*) was determined from the initial linear portion of 
the stress–strain curve using the linear fit of the stress–strain curve between 0.1% 
and 0.4% strain. The normalised compressive and shear moduli of cellular structures 
(E*/Es) were calculated as a factional value of the parent materials (Es = 1,537 MPa). 
The yield strength (σy) was determined from a 0.2% offset of elastic modulus. The 
failure strength in compression (σfail) and shear (Τfail) were determined from the 
respective peak loads recorded in the tests.  
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(a) 
 
(b) 
 
(c) 
Figure 3.2: Mechanical experimental set‐up to measure compression (a), shear 
(b), and torsion (c) properties. 
Torsional tests were performed with a 500 N load cell containing the custom 
torsional apparatus. It operated in the range of ± 45° angular displacement with a 
resolution of 0.001°. The crosshead speed of 5 mm/min was controlled to create the 
torque moment. The angular displacement (θ) and force were extracted from the 
custom encoder. Ultimate forces and distances were measured, and the calculated 
torque and torsional stiffness were compared between the four types of internal 
architecture.  
The four architectures with t = 500 µm were selected to conduct stress 
relaxation tests. Two different environmental conditions were used, including dry 
and wet conditions at room temperature (25 °C). All wet tests were conducted by 
immersing the specimens in PBS for 1 hour prior to the test. Quasi‐static 
compression was conducted up to the failure point. With a total strain of 2.5%, the 
stress relaxation test was carried out in 5 steps, at a strain rate of 0.25% s‒1 for 2 s 
(ramp) and followed by 58 s relaxation (hold).   
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3.2.5. Cell cytotoxicity, adherence, and proliferation 
 The L and t in individual unit cells can be adjusted to achieve similar strut, 
pore size, and porosity for the four architectures. The new CAD models have a 
surface area of 31.58, 33.47, 26.91, and 33.21 mm2 for the octahedral, pillar 
octahedral, cubic, and truncated octahedral structure, respectively. The total of 84 
disc‐shape scaffolds with a diameter of 8 mm, a height of 2 mm were remodelled and 
manufactured, exhibiting a mean t of 453 ± 36 µm, pore size of 551 ± 55 µm, and 
porosity of 74 ± 4% (p = 0.12, 0.69, and 0.82, respectively), Figure 3.1c.   
3.2.5.1. Cell culture 
Murine pre‐osteoblastic cells, MC3T3‐E1, (passage 6) (Figure 3.3) were 
cultured in proliferation media, Dulbecco’s modified Eagle medium (DMEM; Gibco) 
supplemented with 10% foetal bovine serum (Gemini) and 1% penicillin–
streptomycin (Gibco), at 37 °C in a 5% CO2 incubator. The medium was changed 
every 2–3 days. Subconfluent cells were detached using 0.25% trypsin EDTA 
(Gibco) and then centrifuged, resuspended, and counted. 
 
Figure 3.3: Murine pre‐osteoblastic cells, MC3T3‐E1, after culturing on day 1 
(left) and 70% confluent cells (right). 
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Cell cytotoxicity of 3DP specimens was first tested in 7 days by adopting cell 
culture assays with direct contact to the tested material. The cell survival rates of the 
3DP specimens were calculated using fluorescence intensities, as the following 
equation: 
Survival rate (%) = 100 × (FVisiJet − Fmedia)/(Fcell − Fmedia)  (Eq. 3.1) 
where Fmedia, Fcell, and FVisiJet is the fluorescence intensities of the medium, the 
control (untreated) cells, and the cell culture medium treated with the VisiJet, 
respectively. If the survival rate is reduced to < 70%, a compound or material is 
considered to have cytotoxic potential. 
3.2.5.2. Cell seeding on cellular structures 
Eighty‐four disc scaffolds were sterilised with 70% ethanol overnight, rinsed 
three times with sterile phosphate‐buffered saline (PBS), and dried in an ultraviolet 
tissue culture hood. Cells were seeded onto the scaffolds at a density of 5 × 104 
cells/scaffold and allowed to adhere to the scaffold overnight in 250 ml of 
proliferation media in a 48‐well tissue culture plate (Figure 3.4).  
 
Figure 3.4: Diagram of cell seeding. 
The scaffolds were placed into a new plate on the following day, which was 
denoted as day 1. The proliferation medium was replaced every 2–3 days and the 
cell‐seeded scaffolds were harvested on days 1, 4, and 7. The numbers of attached 
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and proliferating cells were quantified using a DNA assay (CyQuant NF, Invitrogen) 
at different time points. Fluorescence measurements were made using a microplate 
reader with excitation at 485 nm and emission detection at 520 nm. 
SEM (Quanta 200, FEI) was used to measure pore and strut sizes of the cellular 
structures and to evaluate pre‐osteoblastic morphology after cell seeding. After 
removing the culture medium, the scaffolds were rinsed twice with PBS and fixed 
with 3% glutaraldehyde. Thereafter, the scaffolds were rinsed three times with 0.1 M 
cacodylate buffer and post‐fixation with 1% osmium tetroxide for 1 h. After rinsing 
with demineralised water, the scaffolds were dehydrated using a graded ethanol 
series of 50, 70, 90, and 100%, immersed twice in hexamethyldisilazane solution for 
30 min each time, and allowed to dry overnight.  
The biological specimens were sputtered with 20 nm gold, and the 
nonbiological specimens were coated in carbon before scanning using the secondary 
electron detector at a voltage of 4 kV and a working distance of about 10 mm. 
3.3. Results and discussion 
3.3.1. Cellular structures fabricated using 3DP  
3DP techniques used a polymer and wax‐like material as the support material 
to fabricate the cellular structures. Strut orientations [0°/45°/90°] of a unit cell 
affected the density of the 3DP cellular structures, Table 3.1.  
A cube‐shaped unit cell, presenting the horizontal [0°] and vertical [± 90°] 
struts along the building axis, had a greater density than unit cells whose struts 
aligned in an inclination [±45°] (ρ = 1.36 ± 0.02 g/cc and 1.19 ± 0.02 g/cc). By 
contrast, 3DP cellular structures with the ±45° struts exhibited a greater porous 
surface than the cube‐shaped unit, as a result of the stair‐stepping effect (Paul & 
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Baskaran, 1996) associated with 3DP methods. Therefore, the strut density fabricated 
with 3DP techniques varied with the degrees between strut alignment and building 
axis. 
Table 3.1: Design and actual morphological features of cellular structures. 
Types 
Design parameters Actual parameters (n = 5)  
Density 
(g/cc) 
t size Pore sizePorosity Strut size Pore size Porosity 
(µm) (µm) (%) (µm) x, y (µm) (%) 
Octahedron 
400 
500 
870 
730 
76.6 
65.9 
460 ± 19 
530 ± 13 
606 ± 50 
421 ± 62 
73.15 ± 2.2 
61.35 ± 2.4 
1.19 ± 0.01 
Pillar 
octahedron 
400 
500 
870 
730 
73.7 
62.1 
460 ± 21 
583 ± 37 
625 ± 48 
426 ± 45 
69.79 ± 3.4 
53.82 ± 3.3 
1.18 ± 0.02 
Cubic 
400 
500 
1,600 
1,500 
83.7 
78.2 
450 ± 31 
535 ± 21 
2,042 ± 84 
1,695 ± 130
87.65 ± 2.4 
80.61 ± 2.5 
1.36 ± 0.02 
Truncated 
octahedron 
400 
500 
700 
700 
73.3 
68.7 
435 ± 34 
508 ± 38 
348 ± 59 
269 ± 25 
74.14 ± 3.1 
63.60 ± 3.3 
1.21 ± 0.02 
The 3DP techniques, in this work, created a surface pore of 40 µm especially 
on the overhanging features, as shown in Figure 3.14c. These smaller pores created 
by processing techniques result in a larger surface area that contributes to higher 
bone‐inducing protein adsorption, ion exchange, and bone‐like apatite formation 
(Leong et al., 2003; Naing et al., 2005). 
The cellular structures fabricated with 3DP techniques yielded similar strut 
sizes for each polyhedral shape (p = 0.65 and 0.07 for t = 400 µm and 500 µm). The 
design strut size (t) of 400 µm and 500 µm offered the pore sizes in the x, y 
directions between 269 µm to 1,695 µm and resultant porosities ranged from 53.82% 
to 87.65%.  
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Figure 3.5: Correlation between the target component design porosities and 
actual design porosities for different internal architectures. The least‐square 
regression line, fit to the data, shows the correlation. 
The design and actual porosities fabricated with 3DP are in good agreement, as 
shown in Figure 3.5. However, the least‐squares regression fit did not pass through 
the origin, illustrating that the manufactured porosity was consistently 12% less than 
the design porosity for the cellular structures. The cellular structures fabricated with 
3DP techniques here had a greater accuracy for controlling porosity (R2 = 0.902, 
standard error (SE) 12%) than those fabricated with selective laser sintering (SLS) 
techniques (R2 = 0.8611, SE 27.8%) (Williams et al., 2005). The possible 
explanation that the actual and design porosity could not intersect at the origin is its 
surface roughness of 3DP specimens is different from the smooth surface measured 
with solid models. 
3.3.2. Mechanical testing 
The mechanical behaviours of the four internal architectures under different 
loadings are shown in Table 3.2. It is clear the strut size, t and the unit geometries all 
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affect the mechanical properties in compression, shear, and torsion. Figure 3.6 
compares the stress–strain curves of the cellular structures with t = 500 µm. 
Table 3.2: Mechanical properties of the cellular structures. 
Properties t sizes 
Cellular structures 
Octahedron 
Pillar 
octahedron 
Cubic 
Truncated 
octahedron 
C
om
pr
es
si
on
 
E 
(MPa) 
400 µm 2.47 ± 0.3 15.26 ± 0.9 31.44 ± 0.3 6.37 ± 0.1 
500 µm 16.80 ± 0.9 26.94 ± 0.4 59.76 ± 0.5 25.14 ± 0.2 
0.2% σy 
(MPa) 
400 µm 0.15 ± 0.05 0.48 ± 0.07 0.22 ± 0.08 0.09 ± 0.01 
500 µm 0.47 ± 0.10 0.96 ± 0.06 0.99 ± 0.03 0.30 ± 0.04 
σfail 
(MPa) 
400 µm 0.25 ± 0.05 0.65 ± 0.10 0.24 ± 0.01 0.19 ± 0.03 
500 µm 1.02 ± 0.8 1.69 ± 0.02 1.01 ± 0.07 0.72 ± 0.1 
Sh
ea
r 
G 
(MPa) 
400 µm 2.92 ± 0.07 9.87 ± 0.09 0.14 ± 0.10 2.66 ± 0.03 
500 µm 8.08 ± 0.05 18.93 ± 0.2 2.59 ± 0.04 7.96 ± 0.02 
τy 
(MPa) 
400 µm 0.06 ± 0.01 0.12 ± 0.02 0.02 ± 0.01 0.05 ± 0.01 
500 µm 0.14 ± 0.01 0.22 ± 0.01 0.06 ± 0.01 0.13 ± 0.02 
τfail 
(MPa) 
400 µm 0.23 ± 0.01 0.31 ± 0.02 0.09 ± 0.01 0.11 ± 0.01 
500 µm 0.38 ± 0.03 0.56 ± 0.02 0.17 ± 0.02 0.31 ± 0.01 
To
rs
io
n 
Stiffness 
(N.mm/θ) 
400 µm 4.33 ± 0.24 5.48 ± 1.82 0.71 ± 0.29 1.70 ± 0.47 
500 µm 9.43 ± 0.50 9.52 ± 0.68 1.07 ± 0.64 2.20 ± 0.49 
T 
(N.mm) 
400 µm 69.2 ± 40 78.9 ± 24 17.1 ± 10 36.6 ± 8 
500 µm 200.2 ± 22 156.3 ± 30 26.9 ± 12 43.9 ± 18 
ϕ 
(θ) 
400 µm 15.9 ± 0.02 14.4 ± 0.4 16.1 ± 0.68 16.6 ± 0.03 
500 µm 21.2 ± 1.2 16.4 ± 2 31.8 ± 3.2 25.9 ± 3.6 
(E = elastic modulus (MPa), 0.2% σy = yield strength (MPa), σfail = maximum 
compressive strength (MPa), G = shear modulus (MPa), τy = shear stress at yield 
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(MPa), τfail = maximum shear strength (MPa), torsional stiffness (N.mm/θ), T = 
torque (N.mm), and ϕ = rotational degrees (θ).) 
 
Figure 3.6: Stress–strain curves of cellular structures under compression (a), 
shear (b) and torsion (c). Summarised structural stiffness is shown in (d). 
The internal architecture of the cubic unit cell had the greatest stiffness (59.76 
± 0.5 MPa) under compression; but its stiffness under shear and torsion was very low 
(2.59 ± 0.04 MPa & 1.07 ± 0.64 MPa, respectively). The octahedron and truncated 
octahedron had similar shear stiffness values. Compared with the truncated 
octahedron, the octahedron had a greater torsional stiffness (9.43 ± 0.50 MPa vs 2.20 
± 0.49 MPa) but a lower compressive strength (16.80 ± 0.9 MPa vs 25.14 ± 0.2 
MPa). In contrast to the octahedron, the pillar octahedron exhibits increased 
compressive stiffness (26.94 ± 0.4 MPa). It also has the greatest shear and torsional 
stiffness (18.93 ± 0.2 MPa and 9.52 ± 0.68 MPa, respectively). Because of the 
vertical struts combined with the ±45° struts in octahedral unit cells, the pillar 
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octahedron [0°, ± 45°] is the best internal architecture in terms of stiffness and 
strength subject to compression, shear, and torsion. 
 
Figure 3.7: Deformation modes of cellular structures under compression, shear, 
and torsion. 
The failure modes of these cellular structures under compression, shear and 
torsion are shown in Figure 3.7. Under compression buckling occurs in the cubic unit 
cell before the final failure. By contrast, deformation in the octahedral and truncated 
octahedral unit cells is dominated by shear band at about 45°. The deformation of the 
octahedron and pillar octahedron under shear and torsion are more rigid than the 
cubic unit cells. The advantages of the vertical struts in pillar octahedral unit cells 
include stronger resistance to buckling and improve stiffness and failure strength 
under shear and torsion loads.  
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The relationship between the compressive stiffness of cellular structures (E*) 
and porosity (ϕ) was analysed using nonlinear regression. Based on the Gibson and 
Ashby model (Lorna J. Gibson, 2005), they can be correlated as 
    E*  =  Esሺ1‒ )e∁     (Eq. 3.2) 
where (Es) is the elastic modulus of VisiJet material (1,539 MPa). This equation 
served to predict the effective stiffness of cellular structures where C represented a 
constant value related to the geometry of unit cells. From the experimental test 
results, the C value of octahedral, pillar octahedral, cubic, and truncated octahedral 
unit cells (L = 2 mm) was equivalent to ‒6.513, ‒5.339, ‒2.023, and ‒5.286, 
respectively. These relationships are shown in Figure 3.8, and the derived 
expressions had coefficient of determination values (R2) of 0.97, 0.98, 0.99, and 
0.98, respectively.  
 
Figure 3.8: Curves used to derive the expression for predicting the effective 
elastic modulus of cellular structures. The normalised elastic modulus divided by (1‒
ϕ) is plotted versus porosity. 
The viscoelastic properties often observed in biological or wet environments 
are important for the materials to be used as implants. Thus, mechanical tests under 
wet condition and stress relaxation tests were conducted. After immersing these 3D 
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cellular structures into PBS solution, the compressive stiffness is reduced due to the 
viscoelastic properties of the polymers, as shown in Figure 3.9.  
 
Figure 3.9: Stiffness under dry and wet conditions (a), stress–strain curves 
under dry condition (b) and stress–strain curves under wet condition (c). 
However, in this difference the architecture showed an important clue to limit 
the significance resulted from the material behaviour. For octahedron, pillar 
octahedron, and truncated octahedron structures, increased ductility (elongation > 
30%) was achieved but for the cubic shape, the ductility was less than 5%, similar to 
that under dry condition.         
Under both dry and wet conditions, the stress relaxation test was carried out in 
5 steps, at a strain rate of 0.25% s‒1 for 2 s (ramp) and followed by 58 s relaxation 
(hold). All the cellular structures showed the progressive increase in stress with strain 
except the cubic structure at the last step due to the cracking. As shown in Figure 
3.10, the pillar octahedral structure has the greatest accumulated stress up to 0.63 ± 
0.07 MPa and 0.44 ± 0.05 MPa under dry and wet conditions, but less than 0.3 MPa 
for octahedron and truncated octahedron structures.          
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Figure 3.10: Stress relaxation behavior under dry (a) and wet (b) conditions of 
3DP cellular structures. 
 Figure 3.11 shows the relaxation rate for the first stage. The octahedral, pillar 
octahedral, and truncated octahedral structures are relaxed up to 50% and the cubic is 
relaxed up to 40% in dry. The relaxation rate is increased under the wet condition in 
all structures and the maximum is about 80%, comparable to the 85% in chitosan 
scaffolds but much higher than synthetic polymer PCL which has 30% relaxation 
(Sethuraman, Makornkaewkeyoon, Khalf, & Madihally, 2013).  
 
Figure 3.11: Maximum stress relaxation corresponding to the first step. 
The stress relaxation at different steps can be normalised by translating the 
stress pattern for each step to its origin based on the quasi‐linear viscoelastic theory 
 64 Investigation of an Internal Architecture of Cellular Structures for Bone‐mimicking Implants 
(Mow & Huiskes, 2005). The time‐dependent stress relaxation function, G(t) can be 
expressed by 
   Gሺt)= σሺt) σeሺε)⁄      (Eq. 3.3) 
where ߪ௘ሺߝ) is the maximum stress at each strain ሺߝ) step. The G(t) for both dry and 
wet conditions is shown in Figure 3.12. 
 
Figure 3.12: Relaxation function G(t) of octahedron (a), pillar octahedron (b), 
truncated octahedron (c), and cubic shape (d) under dry and wet conditions. (*) 
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indicating a statistical difference between the dry and wet conditions (Two‐way 
ANOVA). 
For octahedral, pillar octahedral and truncated octahedral structures, the 
relaxation is more significant at the first step and gradually weakened at the 
following steps. However, no consistent trend can be found in the cubic structure. 
The relaxation function relates to a conditioning environment for a specific time. No 
significant difference in relaxation function can be identified between the dry and 
wet conditions for the octahedral and pillar octahedral structures. By contrast, the 
relaxation function becomes more significant difference for the cubic and truncated 
octahedral structure under wet condition. Relaxation of the pillar octahedron is less 
sensitive to the wet condition. 
3.3.3. Cell culture 
Previous research suggested that over 60% porosity and pore sizes larger than 
300 µm could promote bone formation and vascularisation (Akbarzadeh et al., 2015; 
Naing et al., 2005). In this work, the interconnected porous networks of 3DP cellular 
structures provide a pore size of 551 ± 55 µm and porosity of 74 ± 4%. Appropriate 
interconnected pores enable nutrient and metabolite transportation to induce tissue 
ingrowth (Naing et al., 2005). Therefore, these structures are expected to be suitable 
for bone cell growth. 
On the other hand, smaller pores may increase the surface area for protein 
adsorption, ion exchange, and bone‐like apatite formation (Leong et al., 2003; Naing 
et al., 2005). With 3DP techniques, small pores can be created in the surface of 
polymer structures, especially when strut orientations aligned in angles [±45°] with 
the printing direction, as adopted in the octahedron, pillar octahedron and truncated 
octahedron structures in this work. Another arguable issue is the retained wax 
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(VisiJet® S300) after printing could be cytotoxic. However, Macdonald et al. (2016) 
reported the presence of wax coating on polymer surface is not harmful to the cells. 
The possible reason is that the potential cell toxicity by ultra‐fine particles produced 
in incomplete photopolymerisation can be mediated by the wax materials as physical 
barriers to diffusion.  
In this work, the pre‐osteoblastic cells survival rate is 85 ± 4% in 7 days and no 
sign of cytotoxicity was observed, Figure 3.13. Both direct contact and elution 
methods with mammalian cell cultures and in vivo tests of genotoxicity or 
carcinogenicity are required to confirm the suitability of this material as a biomedical 
implant. However, the non‐cytotoxicity within 7 days of this material is adequate to 
investigate the effects of different internal architectures on cell activities. 
 
Figure 3.13: Cell cytotoxicity tests. 
SEM images confirmed pre‐osteoblastic cell adhesion and proliferation on the 
specimen surfaces, Figure 3.14. The pre‐osteoblastic cell morphology was compared 
in the different structures. The spindle‐shape pre‐osteoblasts, presented in networks 
were observed on the surfaces in all structures.  
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Figure 3.14: Scanning electron images showing pore size of 570 ± 20 µm in the 
cubic unit cell (a), smaller pores (40 µm) on the surface after printing (b–c), cell 
adhesion (d)  and proliferation after 4 and 7 days (e–f).  
Before measuring cell adhesion and proliferation, scaffolds were transferred to 
the new plates to exclude the false positive results of cells outside the scaffolds. The 
internal architecture has an influence on cell adherence. Pre‐osteoblastic cells were 
more likely to adhere to the octahedron (7.2%) and pillar octahedron (5.1%) rather 
than cubic (4.4%) and truncated octahedral shape (3.7%). However, only the 
comparison between the octahedron and truncated octahedron was significant 
(analysis of variance (ANOVA), p = 0.02), Figure 3.15a.  
Surface hydrophilicity of a polymer is important for homogeneous and 
sufficient cell adherence and growth (Alishiri, Shojaei, & Abdekhodaie, 2016). 
VisiJet, polyurethane acrylate, has better wettability than the surface of electrospun 
PCL, measured through water contact angle testing (70° vs 123°) (Alishiri et al., 
2016; Bassi, Gough, Zakikhani, & Downes, 2011). However, the adherence 
efficiency of this study was less than that of the electrospun PCL scaffolds (Sobral, 
 68 Investigation of an Internal Architecture of Cellular Structures for Bone‐mimicking Implants 
Caridade, Sousa, Mano, & Reis, 2011). This highlights the effect of architectures on 
cell adherence efficiency. The smaller pores on the boundary of scaffolds retain the 
media with cells inside the scaffolds, maximising the cell seeding efficiency.  
 
Figure 3.15: (a) The numbers of pre‐osteoblastic cells attached to the different 
cellular structures, (b & c) comparison the rates of cell proliferation within 7 days 
after cell seeding. 
As the pore size and porosity of each design are similar, the difference in 
adherence efficiency could be attributed to the flow characteristics and different 
surface roughness related to individual unit geometry. Unit geometry directly 
controls the tortuosity, a measure of flow distance that travels in the porous materials 
(Eshghinejadfard, Daróczy, Janiga, & Thévenin). The strut intersection in the middle 
of octahedral types diverts the fluid from the straight direction and slows the flow 
rate. The low flow rate when pipetting a cell suspension onto the octahedral and 
pillar octahedral shapes would favor cell adherence, while the high flow rates of 
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cubic and truncated octahedral shape contribute to cell deposition at the bottom of 
the well. In addition, the greater cell adherence of the ± 45° typed structures than the 
cubic type could be explained by the greater porous surfaces of the overhanging 
features fabricated with 3DP. 
Cell proliferation tests were conducted in all cellular structures. DNA content 
analysis (CyQuant NF) was used to identify the number of growing cells. To 
compare the proliferation rates between the different structures, cell number was 
normalised using the number of attached cells at different times divided by the 
number of cells attached on day 1. Although high data scatter was observed, the pre‐
osteoblastic cells proliferated significantly faster in the pillar octahedral and 
truncated octahedral structures on day 7 (ANOVA, p < 0.01), Figure 3.15b. The 
greater cell proliferation of the pillar octahedron and truncated octahedron could be 
attributed to the greater surface areas of these polyhedral structures, compared with 
the cubic and octahedron.   
As observed in this work, high relative density and lower porosity in a cellular 
structure can lead to increased strength and stiffness, consistent with previous reports 
(Amin Yavari et al., 2015; Gümrük et al., 2013). It is interesting to note that the 
mechanical response from a cellular structure depends on the loading modes. To this 
end, for axially loaded applications such as bone implants to fix long‐bone defects, 
the cubic structure is the best choice because of its high stiffness under compressive 
force. High fatigue life under compression loading was observed in cubic unit cells 
(Amin Yavari et al., 2015; Hazlehurst et al., 2013a).  On the other hand, when 
subjected to a combined loading (compression, shear and torsion) such as femoral 
hip implants, the pillar octahedron is an appropriate architecture as it provides the 
greatest shear and torsional stiffness and high compressive stiffness. Note that the 
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pillar octahedral structure also has the greatest accumulated stress during the stress 
relaxation test. Together with its better cell proliferation rate, pillar octahedral 
structure has demonstrated balanced mechanical and biological properties.  
3.4. Summary 
Using 3DP techniques, we have successfully fabricated 3D cellular structures 
with precisely controlled internal architectures. Combined small and large pores 
(40~550 µm) and high porosity of 74% have been achieved. The internal structures 
play a key role in determining the overall mechanical and biological performance. 
The architecture with the lattice alignments [0°] parallel to the building direction and 
force vector contributed to a component with greater stiffness compared with 
structures with 45° lattice alignments. However, the lattice alignment of 45° 
contributed to greater shear and torsional stiffness than the 0° counterpart.  
The cubic structure [0° ± 90°] has much higher compression stiffness but lower 
shear and torsion stiffness than that in octahedron type structures [± 45°]. The pillar 
octahedron structure combined the strut characteristics featured along 0° and ± 45°, 
demonstrate high compression, shear and torsional stiffness (26.94 MPa, 18.93 MPa 
and 9.52 MPa, respectively). A reduction in stiffness has been observed in wet 
condition due to relaxation of the polymer. However, the pillar octahedron structure 
is insensitive to the wet condition.  
The structures with ± 45° strut alignments tends to increase the cell adherence 
due to higher porous surfaces. The greater surface areas of pillar octahedral structure 
significantly increase pre‐osteoblastic cell proliferation, about 4.5 times faster than 
other structures. Therefore, the pillar octahedron is considered to have balanced 
mechanical and biological properties. We believe these findings may benefit the 
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design and fabrication of advanced implants. The manufacture and mechanical and 
biological properties of metallic cellular structures with this pillar octahedral internal 
architecture are analysed in the next chapters.  
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Chapter 4:  Design and Manufacture of Laser‐melted Cobalt–
Chromium Graded Cellular Structures for Bone Biomaterials 
4.1. Introduction  
The preceding chapter presents the results of the investigation of the most 
suitable internal architecture for bone biomedical structures using prototypes made 
with polymeric materials. The cellular structures created with the pillar octahedral 
internal architecture had both mechanical and biological advantages for bone 
applications. The pillar octahedron was selected for further study. This chapter 
describes the investigations of methods to fabricate this pillar octahedral cellular 
structure for metallic bone implants.   
The structure and composition of bone tissue comprise functional gradients that 
optimise the mechanical and biological features in each location of bone. The 
structural organisation of bone architecture is dictated mainly by function, such as 
load‐bearing and biological functions. These structural gradients differ between 
cortical and cancellous bones in terms of their porosity, density, and pore gradation. 
Bone replacement implants created using a dense metal have significantly greater 
density, stiffness and strength than do bones. Although the composition of metallic 
implants differs from that of bone tissue, the necessary toughness and fatigue 
resistance needed in load‐bearing implants can be realised only in metals, and the use 
of metallic materials for load‐bearing implants is inevitable (Krishna et al., 2007). 
Cobalt–chromium–molybdenum (CoCrMo) alloys are used extensively in hip 
replacement procedures because of their biocompatibility, high strength, and 
excellent wear and corrosion resistance (Hazlehurst et al., 2013a). The first major 
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problem using these metallic implants in orthopaedic surgery is the mismatch of 
Young’s modulus between bone (10–30 GPa) and the metallic material (200 GPa for 
CoCrMo). This mechanical property mismatch means that the bone is insufficiently 
loaded and becomes stress shielded, which leads to greater bone resorption 
(Hazlehurst et al., 2014). The second problem with metallic implants is the weak 
interfacial bond between the tissue and the implant because of the stiffer replacement 
materials, which leads to early failure of the implant (Krishna et al., 2007). An ideal 
implant should have mechanical properties similar to those of natural bone and 
should bond well with human tissue. 
Porous metals, or metallic cellular structures, have been proposed as a smart 
material for orthopaedic implants because the porous architecture is capable of bone 
anchorage and provides a system that enables the transfer of stresses from the 
implant to the bone, which increases the long‐term stability (Mullen et al., 2010). 
Using the selective laser melting (SLM) process, it is possible to create three‐
dimensional (3D) metallic cellular structures layer by layer using sliced data from 
computer‐aided design (CAD) (Amin Yavari et al., 2015; Hazlehurst et al., 2013a; 
Mullen et al., 2009). The SLM process is designed to fuse exposed metallic powders 
together using a scanning laser beam (Mullen et al., 2009). This process can create 
finished products in a single‐stage production, which saves time and improves 
efficiency (Mengucci et al., 2016). SLM is particularly suitable for cellular structures 
in which the stiffness can be adjusted according to the CAD of lattice internal 
architectures.  
The fabrication of porous bone implants may be approached using the 
following steps: CAD design of the scaffold, additive manufacturing (AM) and post‐
processing (heat treatment and surface modification), as illustrated in Figure 4.1. 
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Figure 4.1: Schematic design of metallic cellular implant manufacture. 
The development of SLM processes to create the complex components with 
interconnected porous structures and morphologies might allow bones to integrate 
and function. However, the biological performance of CoCrMo in terms of 
stimulating biological fixation to bone structures is regarded as inferior compared 
with titanium alloys (Ogawa, Tohma, Ohgushi, Takakura, & Tanaka, 2012; Shi, 
Kamiya, Zhu, & Watazu, 2002).   
There are different techniques to induce bone formation and anchorage of 
metallic implants. One of the most common methods is coating with hydroxyapatite 
(HA; Ca10(PO4)6(OH)2). HA is a calcium phosphate‐based bioceramic material that is 
applied widely in bone tissue implantation because of its excellent biocompatibility, 
osteoconductivity and rapid incorporation into bone (Bahrami, Fathi, & Ahmadian, 
2015). HA is also suitable for coating of metallic biomaterials because it is a 
bioresistive biomaterial with strong anchorage to the bone (Grandfield et al., 2011). 
However, the mechanical properties of individual HA components are inadequate for 
Scaffold designs
• CAD based
• Image based (MRI/CT)
Additive manufacturing (SLM)
Heat treatment
• Post‐heat treatment
• In situ heat treatment
Surface modifications
• Coating‐based
• Corrosion‐based
Bone regenerative implants
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load‐bearing implants. A rationale approach for creating bioactive cobalt chromium 
cellular structures would be to combine the bone formation advantages of HA with 
the excellent strength of CoCrMo implants. 
This chapter describes the development of the design of graded cellular 
structures and analyses the manufacturing feasibility of laser‐melted CoCrMo graded 
cellular structures to create an implant that can perform mechanically and 
biologically as does human bone.  
4.2. Materials and methods 
The geometry of the pillar octahedral unit cell was selected to create the 
cellular structures. In the first study described here, the CoCrMo cellular structures 
were created and characterised using SLM techniques. After the CoCrMo cellular 
structures had been successfully created, the design and manufacture of CoCrMo 
graded cellular models were then investigated. This research graded porosity of the 
cellular structures between layered gradient. The material characterisation and 
bioactivity of HA‐coated CoCrMo were examined to investigate the potential of 
SLM‐processed CoCrMo graded cellular structures in bone implant applications.   
4.2.1. The designs of CoCrMo graded cellular structures  
Specimens were designed with pillar octahedral unit cells using SolidWorks 
software (SolidWorks 15, USA). The pillar octahedral unit cell (dimensions (L) of 2 
× 2 × 2 mm) were formed with the internal architecture of cylinder‐shaped cellular 
structures (diameter 14 mm, length 30 mm) using Boolean operations, as shown in 
Figure 4.2.  
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Figure 4.2: Pillar octahedral unit cell and large cellular structure for mechanical 
testing with unit size L and strut size t. 
Different porosities of each specimen were achieved by using different strut 
sizes (t) of 400, 500, 600, and 700 μm while maintaining the unit dimension 
constantly as 2 mm. Hence, the larger the strut size, the smaller the pore size, which 
helped to lower the specimen porosity. Uniform CoCrMo graded cellular structures 
were designed by assembling the 2 mm pillar octahedral [0° ± 45°] unit cells with 
different cross‐sectional strut sizes (t) ranging from 400 to 700 μm (Figure 4.3).  
 
Figure 4.3: Pillar octahedral unit cell dimensions and the assembly of unit parts 
to create the graded cellular structures. 
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The dimension of the graded cellular structure was designed with a 14 × 30 
mm cylindrical model. By adjusting the cross‐sectional strut sizes (t), the porosity 
values for each configuration were between 41% and 67%. 
This study used a design of graded cellular structures based on the porosity 
gradation along the radial and axial directions of the cylindrical models, which 
produced four graded cellular structural designs, as shown in Figure 4.4 and Figure 
4.5: (1) dense‐core graded functionally graded material (FGM) (B1), whose porosity 
decreased gradually from the outer cortex to the central core; (2) hollow‐core graded 
FGM (B2), whose porosity decreased gradually from the central core to the outer 
cortex; (3) axially graded FGM (B3), whose porosity decreased gradually in the 
periphery from the bottom to the top; and (4) reversed axially graded FGM (B4), 
whose porosity decreased gradually in the periphery from the top to the bottom. 
 
Figure 4.4: Design of radially graded cellular structures comprising unit cells 
with graded values in the circumferential direction: dense‐core FGMs (B1) and 
hollow‐core FGMs (B2). 
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Figure 4.5: Designs of axially graded cellular structures comprising unit cells 
in the longitudinal direction: axially graded FGMs (B3), and reversed axially graded 
FGMs (B4). 
The density and porosity of the four types of graded cellular structures (B1–
B4) were controlled in the CAD models by creating structures with the same volume. 
The volume in the CAD models was measured and was similar in all models: 457.05, 
457.35, 457.5, and 457.5 mm3 for types B1–B4, respectively. Controlling volume to 
be similar in the four models meant that the mechanical effects of these grading 
patterns could be compared. 
4.2.2. Manufacture of CoCrMo cellular structures 
Nine types of CAD models were designed in this study: four CoCrMo cellular 
structures (A1–A4), one solid CoCrMo (A5), and four graded cellular structures 
(B1–B4). These were fabricated using SLM techniques and are shown in Figure 4.6. 
 80 Design and Manufacture of Laser‐melted Cobalt–Chromium Graded Cellular Structures for Bone Biomaterials 
 
Figure 4.6: Laser‐melted CoCrMo models: cellular structures (A1–4), the solid 
model (A5) and graded cellular structures FGMs (B1–4). 
All designs of the CoCrMo models were made from medical‐grade CoCrMo 
based on super alloy powder (ASTM F75, Sandvik), using an in‐house SLM machine 
under a nitrogen‐based atmosphere. Melting the powder by SLM requires energy (E) 
input, which depends on the relationships of the parameters laser power (P), scan 
speed (ν), layer thickness (h) and hatch spacing (w), as shown in the following 
equation: 
  E= P ሺν×w×h)⁄      (Eq. 4.1) 
This in‐house SLM machine has a laser spot size of 150 μm and h of 100 μm. 
A w of 75 μm was set to reduce the defects of printing, as shown in Figure 4.7. 
Hence, the melting energy was related to the P and ν values. 
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Figure 4.7. Teardrop‐shape melt pool of SLM printing with a track width of 
150 μm and hatch spacing (w) of 100 μm (a) and 75 μm (b). * represents the defect 
size.  
The selected laser powers of 100, 200 and 300 W, and a ν between 400 and 800 
mm/s were challenged. Our pilot study showed that a laser power of 100 W was 
insufficient to melt the CoCrMo particles, whereas a laser power of 300 W caused 
over‐melting and balling tracks because of the over‐heated melt pool and created 
cracks after printing. A laser power of 200 W with a ν of 400 mm/s created fewer 
defects than the speed of 800 mm/s. Therefore, laser‐melted CoCrMo specimens 
were printed with a laser power of 200 W and a laser scan speed of 400 mm/s.  
The actual t sizes, as shown in Table 4.1, were larger than the design t sizes 
because of excess scanning over the boundary, except the design t value of 600 μm 
whose size matched to the spot size and w distance. Therefore, the least variation 
between actual and design t values could be observed in type A3. 
Table 4.1: Overview of the geometric parameters for unit structure variation 
relating to the investigated designs of cellular structures. 
Cellular 
structural models 
Strut size, t (μm) Actual pore size (μm) 
CAD Actual Top view Side view 
A1 400 488 ± 0.05 941 ± 0.07 859 ± 0.06 
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Cellular Strut size, t (μm) Actual pore size (μm) 
A2 500 549 ± 0.04 915 ± 0.04 819 ± 0.05 
A3 600 612 ± 0.03 877 ± 0.03 774 ± 0.07 
A4 700 759 ± 0.03 698 ± 0.03 551 ± 0.06 
In this process, the CAD model was sliced in the orientation of the building 
direction. The process begins by depositing a powder layer of 100 μm thickness into 
the building tank, which is followed by SLM using a high‐power laser to melt the 
powder particles inside the boundary of the cross‐sectional area. When scanning is 
finished, the substrate is moved down by one‐layer thickness, and more powder is 
added to create the next slice; this is repeated layer by layer until the entire geometric 
model is created (Figure 4.8).  
 
Figure 4.8: The selective laser melting (SLM) process (a), in‐house SLM 
machine (b), and CoCrMo cellular structures fabricated using SLM techniques (c). 
Upon completion of the build, the products were stress relieved in a high‐
pressure vacuum furnace at a temperature of 1,200 °C for 2 h and then left to cool in 
the furnace (Figure 4.9). The components were then removed from the building 
platform using electrical discharge machining. 
 Chapter 4: Design and Manufacture of Laser‐melted Cobalt–Chromium Graded Cellular Structures for Bone 
Biomaterials 83 
 
Figure 4.9: Post‐thermal process at 1,200 °C in a vacuum furnace. 
Using the method reported previously (Lindahl et al., 2015), surface 
modifications were made during the coating process using the following steps. The 
cellular specimens were washed ultrasonically in acetone for 15 min, ethanol for 15 
min, and water for another 15 min. Their surfaces were then treated with 
hydrochloric acid (1 M HCl) for 10 min, followed by sodium hydroxide (1 M NaOH) 
for 1 h at room temperature for HA coating. 
A commercial crystalline HA powder (Sigma‐Aldrich) with particle size < 200 
nm and a calcium‐to‐phosphate (Ca/P) ratio of 1.57 was used to prepare an HA slurry 
(Figure 4.10). The addition of polyvinyl alcohol (PVA) with an average molecular 
weight of 75,000 was used as the surfactant and dispersant by first dissolving 9% w/v 
PVA in distilled water and then dispersing the 40% w/v HA powders in PVA 
solution to form a uniform HA slurry (Zhao, Xiao, Lu, Wang, & Weng, 2006). 
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Figure 4.10: Nano‐HA powder (size < 200 nm) with a Ca/ P ratio of 1.57. 
The CoCrMo cellular structures were then dip‐coated 3 times for 30 s at a 
withdrawal speed of 10 cm/min (Kheimehsari, Izman, & Shirdar, 2015) in the HA 
slurry to allow homogeneous HA coating of the entire surface of the CoCrMo 
specimens. After each dip, each sample was dried for 2 min at room temperature and 
then dipped again in the HA slurry. All of the coated samples were dried at room 
temperature for 24 h. The HA‐coated CoCrMo specimens were sintered in a nitrogen 
atmosphere to remove the binder and to fuse HA at 1,150 °C for 1 h and a set‐point 
ramp rate of 2 °C/min.  
4.2.3. Morphological and microstructural characterisation 
The porosity of the CoCrMo cellular structures, solid models, and CoCrMo 
graded cellular structures was measured using the Archimedes technique.  
The morphology of these specimens and microstructural analyses were 
interpreted using scanning electron microscopy (SEM) with energy‐dispersive X‐ray 
spectroscopy (EDS) under an accelerating voltage of 15 kV and emission current of 
68 μA. Spot and area analyses were conducted to examine the compositional 
segregation. Ten areas in an SLM‐build were selected for the spot and area analyses. 
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The compositional differences were analysed statistically using Student’s t test with 
significance accepted at p < 0.05.   
Phase identification was performed by X‐ray diffractometry (XRD) with Cu Kα 
radiation at 40 kV and 40 mA. The lattice parameter of the γ‐phase having a face‐
centred cubic crystal (fcc) structure was calculated on the basis of the Pawley method 
(Takaichi et al., 2013). Phase identification of HA‐coated CoCrMo specimens was 
again performed by XRD (Cu Kα radiation: λ = 0.154056 nm at 40 kV and 30 mA 
within the 2θ range of 20–80° at a scan rate of 0.05°/min) to analyse the HA phase 
after sintering.  
4.2.4. Bioactivity of HA‐coated CoCrMo cellular structures 
HA‐coated CoCrMo cellular structures (A4), size 4 mm cube with a pore size 
between 551 and 698 μm were prepared. The bioactivity of HA‐coated CoCrMo 
cellular structures was compared with that of non‐HA‐coated structures. All 
specimens were sterilised by autoclaving. MC3T3‐E1 cells, a murine pre‐osteoblastic 
cell line (passage 13), were cultured until subconfluence. The differentiation medium 
was Dulbecco’s modified Eagle medium (Sigma, Germany) supplemented with 10% 
foetal bovine serum, 1% penicillin–streptomycin, 50 μg/ml ascorbic acid, 10 nM 
dexamethasone, and 10 mM β‐glycerophosphate (Quarles, Yohay, Lever, Caton, & 
Wenstrup, 1992; Zhao et al., 2009). The medium was replaced every 2–3 days. 
The cytocompatibility of the laser‐melted HA‐coated and non‐HA‐coated CoCr 
specimens was compared. The pre‐osteoblastic cells were seeded with the density of 
1.5 × 105 cell/ml in a 48‐well tissue culture plate. The viability of cells was analysed 
using a methyl tetrazolium (MTT) assay after incubation times of 1, 3, and 7 days. 
This MTT assay is based on the ability of living cells to convert a water‐soluble 
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yellow dye, 3‐(4, 5‐dimethylthiazole‐2‐yl)‐2, 5‐diphenyl tetrazolium bromide into 
purple formazan crystals. The colour change was detected at 540 nm on a microplate 
reader. The survival rate (%) of tested specimens was calculated using the following 
equation: 
Survival rate ሺ%)= Asample ‒ Ab
Asample ‒ Ac
×100    (Eq. 4.2) 
where Asample is the absorbance of the cell culture medium treated with the tested 
sample, Ab is the absorbance of the medium, and Ac is the absorbance of the control 
(untreated) cells. If the survival rate is reduced to < 70%, a compound or material is 
considered to have cytotoxic potential. 
The osseointegrated activity of laser‐melted CoCrMo scaffolds was compared 
between the HA‐coated and non‐HA‐coated samples using the MTT assay (Sigma‐
Aldrich) and alkaline phosphatase (ALP, Abcam) assay. The pre‐osteoblastic cells 
were carefully seeded at a density of 1.5 × 105 cell/ml on the specimens while 
avoiding contact with the culture plate. After incubation for 24 h, all specimens were 
transferred to a new well and the cell attachment, proliferation and differentiation 
were assessed. The specimens were harvested and cell proliferation was measured on 
days 1, 4 and 7 using the MTT assay. To study cell differentiation, ALP enzymatic 
activity (U/ml) was measured by using p‐nitrophenyl phosphate (pNPP) as a 
phosphate substrate, which turns yellow (λmax = 405 nm) when dephosphorylated 
by ALP. The cell specimens were harvested on days 1, 7 and 10 after cell seeding.  
The specimens were washed with phosphate‐buffered saline to remove the 
medium and fixed with 3% glutaraldehyde. Thereafter, the scaffolds were rinsed with 
0.1 M cacodylate buffer (three times), then post‐fixed with 1% osmium tetroxide for 
1 h. After rinsing with demineralised water, the scaffolds were dehydrated using 
graded ethanol of 50%, 70%, 90% and 100%, then immersed twice into 
 Chapter 4: Design and Manufacture of Laser‐melted Cobalt–Chromium Graded Cellular Structures for Bone 
Biomaterials 87 
hexamethyldisilazane solution for 30 min each and then allowed to dry overnight. 
Lastly, the specimens were sputtered with 20 nm gold and the morphology was 
analysed using SEM.  
4.3. Results and Discussion 
4.3.1. Microstructure of laser‐melted CoCrMo 
The microstructure of CoCrMo structures determines their hardness and 
mechanical strength (Takaichi et al., 2013). CoCrMo powder has a spherical shape 
with an average size range of 2–10 μm (Figure 4.11). EDS analysis performed on the 
processed specimens showed that the chemical composition agreed with that of the 
as‐received powder and was consistent with the results from previous studies 
(Barucca et al., 2015; Takaichi et al., 2013). 
 
Element
Powder 
(wt%) 
SLM samples 
(wt%) 
Co 69 67.1 
Cr 27 26.5 
Mo 7 5.92 
Si <1 0.48 
 
Figure 4.11: Energy‐dispersive X‐ray spectroscopy performed on the SLM‐
processed samples compared with the powder. 
The diffraction patterns (Figure 4.12) showed that the CoCrMo powder 
consisted of the γ cobalt phase. The fcc, γ phase had a nominal lattice parameter a = 
0.35447 nm (ICDD card n.15‐806). Diffraction peak fitting of the fcc showed a 
lattice parameter a = 0.35503 nm, which agreed with the values reported in another 
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study (Girardin et al., 2016). The XRD patterns of SLM‐processed CoCrMo showed 
that the most intense and well‐defined peaks were from the γ (fcc) phase and a weak 
peak was from the ε phase (hexagonal close‐packed structure, hcp), which is a 
typical microstructure of CoCrMo manufactured by SLM (Barucca et al., 2015; 
Girardin et al., 2016; Takaichi et al., 2013).  
The phase transformation from fcc to hcp occurred during the cooling process 
after thermal treatment. The hcp ε phase had a lattice parameter a = 0.25031 nm and 
c = 0.40605 nm (ICDD card n. 5‐727). Obtaining the XRD peak patterns from the ε 
(100) and (101) peaks resulted in the lattice parameters a = 0.25391 nm and c = 
0.41094 nm with a c/a ratio of 1.618.  
 
Figure 4.12: X‐ray diffractometry patterns of CoCrMo powder and the SLM‐
processed specimens. 
The CoCrMo cellular structure fabricated with in‐house SLM methods and 
post‐thermal treatment exhibited a composition and microstructure that was 
consistent with the same material phase reported by Girardin et al (2016). This phase 
transformation after the SLM processes contributed to the increase in CoCrMo 
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hardness that was greater than that created by casting or wroughting techniques, 
which makes SLM a promising method for fabricating biomedical devices (Girardin 
et al., 2016; Takaichi et al., 2013). Furthermore, the CoCrMo samples fabricated 
using SLM techniques release toxic metal ions at a significantly lower level than do 
traditional cast samples and show better biocompatibility than do samples prepared 
traditionally (Xin, Xiang, Chen, & Wei, 2012).   
4.3.2. Morphology of laser‐melted CoCrMo cellular structures  
The CoCrMo model A5 made in this study was less dense (6.68 g/cc) than 
CoCrMo fabricated with conventional techniques (8.3 g/cc) because of the porous 
surface of the specimens, Figure 4.13a. The SLM‐processing parameters contributed 
to a high surface roughness and heterogeneous microstructures with multi‐pore 
scales of 5–300 μm which are suitable for the promotion of bone osseointegration. 
The ability of SLM to contribute to the surface roughness can be explained by a 
combined effect of the lack of fusion and overheating of the material, which 
provided vaporisation‐type voids (Teng et al., 2017). The microstructure of SLM‐
processed CoCrMo specimens showed nearly completed melting grain boundaries 
along the cross‐sectional and sagittal sectional surfaces, Figure 4.13b. 
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Figure 4.13: Morphology of SLM‐processed CoCrMo solid models (A5). 
In fabrication of orthopaedic implants via SLM, selection of process 
parameters is critical to attain a dimensional accuracy with properties suitable for the 
application. Previous studies used a smaller layer thickness (<30 μm) and laser spot 
to precisely control the melting processes (Liverani et al., 2016; Teng et al., 2017). 
Despite our machine limit of a minimum 100 μm, in this work, the surface roughness 
and pores ranging from 5 µm to 300 µm played an important role in promoting bone 
osseointegrations.     
CoCrMo cellular structures with the pillar octahedral shape were produced 
successfully using the in‐house SLM machine. In contrast to the solid model, the 
process parameters used in this work caused spatter adherence to the struts, which 
ranged from very small to up to 100 μm in diameter, as shown in Figure 4.14. Laser 
spatter particles identify as particulate larger than the initial powders that have not 
been melted. The thermal gradients of the melt pool cause surface tension gradients 
that are capable of driving flow of molten metal from the central melt pool to its 
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colder edges, where spontaneous balling occurs to minimise the surface energy of the 
liquid metal.  
 
Figure 4.14: Laser‐melted CoCrMo cellular structures with the pillar octahedral 
architecture (a). Examples of laser spatter particles shown by arrows (b). 
The molten drops could be expelled upward from the overheated melt pool by 
vaporisation of materials, and these solidified in flight before impinging on the 
powder bed or on the consolidated layer as spatters. This would explain why laser 
spatter formation was still observed despite the process parameters being created 
from completely melted solid CoCrMo (Simonelli et al., 2015).  
During printing of the SLM machine, it was difficult to control the energy 
absorptivity of metallic powders on the overhanging features of the pillar octahedron, 
which contributes to the surface irregularity as a result of laser spatters; this was 
reported by Hazlehurst et al. (2013a). The partial fusion of laser spatters to the 
substrate increases the surface area and porosity of the specimens. On the other hand, 
the spatters produce the voids in the substrate because of the lack of fusion and 
decrease the fatigue life of the cellular structures (Darvish, Chen, & Pasang, 2016).  
While the dense‐melted structures provide the greater mechanical properties of 
3D cellular structures, the porous surfaces with laser spatters enhance surface’s 
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activities for biological performances. The balance of both factors should be 
considered individually upon to an end application. Table 4.2 shows the porosity and 
density for each design. The relative density of these specimens was calculated as a 
fractional density of a porous material and the density of CoCrMo (8.3 g/cc).  
Table 4.2: Morphological characteristics of CoCrMo cellular structures and 
CoCrMo graded cellular structures. 
Type of CoCrMo specimen 
Density 
(g/cc) 
Relative 
density 
Porosity (%) 
CoCrMo cellular 
structure 
A1 t = 400 μm 2.74 ± 0.02 0.33 ± 0.002 67 ± 0.27 
A2 t = 500 μm 3.77 ± 0.06 0.45 ± 0.007 54 ± 0.65 
A3 t = 600 μm 4.53 ± 0.03 0.55 ± 0.003 44 ± 1.77 
A4 t = 700 μm 4.81 ± 0.05 0.58 ± 0.006 41 ± 1.15 
Solid A5  6.68 ± 0.02 0.80 ± 0.003 14 ± 0.40 
CoCrMo graded 
cellular structure 
B1  3.99 ± 0.02 0.48 ± 0.002 52 ± 0.38 
B2  4.01 ± 0.03 0.48 ± 0.004 51 ± 0.62 
B3  4.06 ± 0.03 0.49 ± 0.004 51 ± 1.12 
B4  4.05 ± 0.02 0.48 ± 0.002 52 ± 0.81 
The CoCrMo cellular structures with t of 400, 500, 600, and 700 μm provided 
specimens with porosities of 41–67% and pore sizes (side view) of 551–859 μm, 
which are suitable for bone functions, as reported by Levine et al. (2008). 
SLM permits the creation of very complex geometries with a gradient of 
porosity along the radial or longitudinal plane of the specimen. CoCrMo graded 
cellular structures with the pillar octahedral internal architecture are one of examples 
of the successful fabrication using SLM techniques. These techniques produce an 
accurately controllable morphology of the specimens that follows the CAD designs. 
The density and porosity of the CoCrMo graded cellular structures (B1–B4) were not 
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significantly different with the average of 4.01 g/cc and 51.5%, respectively (analysis 
of variance (ANOVA), p > 0.05 for both).   
4.3.3. Material characteristics of HA‐coated CoCrMo 
There are two common HA coating methods: plasma spraying and dip coating. 
Figure 4.15 shows a HA coating layer formed on the surface of laser‐melted 
CoCrMo specimens using the dip coating technique. However, one limitation of the 
dip‐coating technique is the inability to create a uniform thickness of the HA coating 
layer. Transverse sections of the dense packing of HA‐coated CoCrMo showed an 
average coating thickness of 1.55 ± 0.2μm and HA particles embedded into the 
CoCrMo surfaces. 
(a) (b) 
 (c) 
(d) 
Figure 4.15: SEM images of HA‐coated laser‐melted CoCrMo (a), dense HA 
CoCrMo 
HA
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formed after the sintering process (b), coating thickness of 1.55 ± 0.2 μm (c) and 
Ca/P ratio of 1.93 (d). 
The EDS analysis presented a surface rich in Ca and P elements. Chromium 
was also seen in the spectrum, as the result of EDS X‐ray penetration greater than the 
thickness of the HA coating. The Ca/P ratio is an important parameter that 
determines the properties of HA. If the Ca/P ratio is < 1.67, the material is less stable 
and starts to decompose at temperature < 1,000 °C. This study found an average 
weight percent ratio of 1.93 for Ca/P, a ratio that should contribute to greater 
mechanical strength and less degradation after the sintering.  
XRD patterns of the surface of the coated samples after sintering at 1,150 °C 
for 1 h confirmed the presence of HA (JCPDS09‐0432). The sintering process 
increased the crystallinity of HA, as shown by the high narrow peaks compared with 
the as‐received HA powder (Figure 4.16). However, the XRD trace indicated that the 
sintering of HA‐coated samples created pure crystalline HA without the secondary 
phase of HA decomposition, including tricalcium phosphate (TCP), tetra‐calcium 
phosphate (TTCP), and calcium oxide (CaO) when sintered at 1,150 °C. The 
presence of secondary phases should increase the HA bioactivity, but the fast 
degradation of these phases reduces the mechanical strength of the HA‐coated 
specimens (Minouei, Meratian, Fathi, & Ghazvinizadeh, 2011).   
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Figure 4.16: X‐ray diffractometry pattern of HA‐coated laser‐melted CoCrMo 
after sintering at 1,150 °C.  
4.3.4. Bioactivity of HA‐coated CoCrMo cellular structures 
Coating the laser‐melted CoCrMo with HA increased a number of pores and 
surface area of the specimens. Both uncoated and HA‐coated CoCrMo exhibited 
biocompatibility with less toxicity to cells: the survival rates after the 7‐day culture 
were 95±10% and 83±5%, respectively. Although the uncoated one has less toxicity 
than that of the HA‐coated one, no significant difference is seen between these 
two group. Coating with HA, however, increases cell activities as seen by the 
active morphology of the pre‐osteoblastic cell. The pre‐osteoblastic cell morphology 
on the CoCrMo specimens exhibited the flat‐shaped morphology, whereas cells on 
the HA surface exhibited the fusiform shape with long processes attached to the 
surface, as shown in Figure 4.17.  
 
*
*
*
*
*
* * *
‐
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(a) 
 
(b) 
Figure 4.17: Pre‐osteoblastic cell morphology on laser‐melted CoCrMo (a) and 
HA‐coated laser‐melted CoCrMo surfaces (b) showing the differentiated osteoblasts 
in the specimen with HA coating. 
Figure 4.18 shows that HA coating increased the cell attachment and 
proliferation. HA coating significantly increased the pre‐osteoblastic cell attachment 
(ANOVA, p = 0.019) and cell proliferation on day 7 after culturing (ANOVA, p = 
0.023).   
 
Figure 4.18: Pre‐osteoblastic cell proliferation 7 days after seeding. 
The increase in ALP activity in MC3T3‐E1 cells provides an index of the early 
stage of osteoblast differentiation. Extracellular matrix formation is indicative of 
mature osteoblasts, which can be estimated from the ALP activity secreted into the 
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culture medium. The concentration of ALP in the culture medium was calculated 
from the calibration of pNPP concentration in relation to a standard curve, as shown 
in Figure 4.19.  
 
Figure 4.19: Calibration standard curve for measuring ALP activity. 
Then the ALP activity was calculated using the following equation: 
ALP activity ሺU ml⁄ ) = ሺA V⁄ )
T
     (Eq. 4.3) 
where A is a concentration of pNPP generated in test samples calculated from the 
standard curve (μmol), V is the volume of sample added in the assay (ml) and T is 
the reaction time (min). The ALP activity of laser‐melted CoCrMo and with HA 
coating is shown in Figure 4.20. The presence of HA coating on the laser‐melted 
CoCrMo specimens significantly increased ALP activity on days 1, 7 and 10 
(ANOVA, p = 0.03, 0.05 and 0.036, respectively). 
y = 0.0392x + 0.0315
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Figure 4.20: ALP activity of pre‐osteoblastic cell cultures. 
CoCrMo is a bioinert material because of its low ability to bond to bone 
tissues, as reported elsewhere (Minouei et al., 2011). However, the bioactivity of 
laser‐melted CoCrMo is attenuated by HA coating, which significantly improved 
pre‐osteoblastic cell attachment, proliferation and differentiation in this study. The 
HA coating layer may also protect the toxic metallic substrate from corrosion or 
dissolution (Kheimehsari et al., 2015).  
While CoCrMo is the main contributor under load bearing, surface 
modifications using HA coating increase additional bone bioactivities. Once the 
strong bone anchorage with HA are formed, relative displacements at bone and HA 
coating interface are prevented. However, the delamination between the HA coating 
and substrate metal can occur especially under cyclic loading (Otsuka, Kawaguchi, & 
Mutoh, 2016). The effects of HA and CoCrMo delamination relate to many factors 
including coating type and thickness. In case of thinner thickness or functionally 
graded coating, delamination propagates not at the interface but within the coating 
layers (Otsuka, Kojima, & Mutoh, 2016).  
Although HA coating increases bioactivities of CoCrMo, the mechanical 
properties between the coating interface and the substrate after osseointegrations are 
necessary to further investigate.       
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4.4. Summary 
This study investigated the design and manufacture of CoCrMo graded cellular 
structures using SLM techniques. These techniques are capable of fabricating the 
CoCrMo graded cellular structures with a pillar octahedral architecture as designed 
using CAD software. The CoCrMo graded cellular structures in this study exhibited 
multipore sizes ranging from 5 to 300 μm by the laser scanning process and design 
pore sizes (side view) ranging from 551 to 859 μm and porosity between 41% and 
67% by the CAD design of the pillar octahedral architecture. The values for pore size 
and porosity of these structures are in the acceptable range of the morphological 
requirements for bone osseointegration.   
Laser‐melted CoCrMo manufactured in this thesis was biocompatible and had 
low toxicity to cells. It may be fabricated as orthopaedic implants when 
osseointegration is not required because of the limited bioactivity of this material. 
However, surface modification of the laser‐melted CoCrMo by coating with the 
bioactive layer of HA significantly increased biocompatibility and cell 
osseointegration, proliferation and differentiation. Therefore, modifying the surface 
of laser‐melted CoCrMo graded cellular structures with HA coating promotes the 
osseointegration between CoCrMo graded cellular implants and bone.     
SLM can be used to produce the HA‐coated CoCrMo with the pillar octahedral 
graded cellular architecture that may have applications in orthopaedic bone implants. 
The mechanical properties and stress‐transferring characteristics of laser‐melted 
CoCrMo graded cellular structures were investigated further to be able to apply these 
architectures to the creation of orthopaedic bone implants that behave closer to 
human bone. These studies are described in later chapters.  
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Chapter 5:  Compressive Behaviour of Laser‐melted Cobalt–
Chromium Graded Cellular Structures 
5.1. Introduction 
The concept of functionally graded materials (FGMs) was introduced in the 
early 1980s in Japan (Koizumi & Niino, 1995). This new type of material was 
proposed to increase adhesion and to minimise the thermal stresses of metal–ceramic 
composites used in aerospace fields. FGMs are now used widely in broad areas of 
research and have been applied to metals, ceramics, and organic composites to 
generate improved mechanical components with superior physical properties.  
FGMs have been characterised by gradual space changes in their compositions, 
structures and, consequently, in their properties. Usually, they are composites in the 
common sense, but graded materials can also be obtained according to different 
microstructures formed during material processes. Because of their graded materials, 
FGMs provide characteristics that reduce mechanical and thermal stress 
concentration in many structural elements. FGMs are needed for the development of 
specific applications such as multifunctional materials in bone implants (Sobczak & 
Drenchev, 2013).  
In biomedical applications, both the mechanical and biological properties of 
the implanted components play critical roles in determining clinical outcomes. 
Regeneration of multiple tissues such as bone and cartilage tissues require that more 
than one cell type resides inside the tissue‐engineering scaffold (Leong et al., 2008). 
These different cell types have different structural requirements, as shown in vivo, 
such as different pore sizes and porosities. Thus, a well‐engineered tissue‐
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engineering material should be produced with the appropriate pore sizes and porosity 
required of the target cells to improve cell adherence, proliferation, and function of 
each type of cells, especially for regeneration of multiple tissues and tissue interfaces 
(Karageorgiou & Kaplan, 2005). 
The use of FGMs also facilitates better stress distribution at the interface 
between the surrounding tissue and the scaffolds (Clark, Ali, Hoffman, Kara, & 
Takak, 2012). However, grading the stiffness of the scaffolds can contribute to 
inferior mechanical properties that will lead to scaffold failure. The graded materials 
of composites or sandwich models usually contribute to the boundary delamination 
of interfaces between their different regions. The poor architecture of FGMs, 
therefore, is the main contributor to a scaffold with insufficient strength to withstand 
the physiological loads (Leong et al., 2008).  
Today, production of graded structures can be considered as the next step for 
bone tissue engineering. The combination of micro‐ and macrostructure designs in 
graded cellular structures is a challenge for the creation of modern bone implants. In 
this study, FGMs refer to the porosity‐graded cobalt–chromium–molybdenum 
(CoCrMo) cellular structures because the pores in the cellular structures are 
beneficial for promoting the tissue biological environments. However, the pores 
contribute to internal stress concentration, which can lead to structural failure.  
The structural organisation of bone tissues is largely dictated by their functions 
including load‐bearing and biomechanical functions. Bone tissues comprise layers 
with different microstructures, which can vary in terms of porosity, density, and pore 
sizes, and show natural function gradients within their structures. To create new 
tissues that behave like the original tissue, it is important to understand the types of 
mechanical cues.  
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The mechanical testing described in this chapter used a uniaxial static load. 
The literature reported that the cellular structures would probably fail even with a 
lower load as a result of fatigue failure under cyclic loading (Hrabe, Heinl, Flinn, 
Körner, & Bordia, 2011). Although the fatigue behaviours of CoCrMo graded 
cellular structures have not been explored in this thesis, the results of static loading 
are important enough for preliminary investigation of the mechanical properties of 
graded cellular structures. Therefore, the effects of the graded orientation along 
CoCrMo cellular structures on mechanical properties were investigated in this 
chapter. 
5.2. Materials and methods 
Twenty‐seven laser‐melted CoCrMo specimens were prepared and their 
compressive behaviours were evaluated. The three specimens of nine models 
described in Chapter 4, including four cellular structural models (A1–A4), one solid 
model (A5), and four graded cellular models (B1–B4) were analysed as shown in 
Figure 5.1.  
 CoCrMo cellular structures Graded cellular structures 
 
Density (g/cc) 2.74 3.77 4.53 4.81 6.68 4.01 
Porosity (%) 67 54 44 41 14 51.5 
Figure 5.1: CoCrMo specimens fabricated by selective laser melting 
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techniques. 
5.2.1. Mechanical characterisations 
Although biomedical implants are subjected to cyclic loadings in physiological 
conditions, their behaviours under static loadings are the first to interpret their 
advantages of FGMs over uniformed cellular structures. All CoCrMo specimens in 
this study, therefore, were loaded under quasi‐static uniaxial compression, following 
the DIN standard (DIN EN 50106). A universal testing machine (Instron 8100) with 
a 300 kN load cell was used to perform the mechanical tests. Three replicates of each 
design were loaded in the orientation in which they were built at a constant 
displacement of 2 mm/min until failure. Strain was measured by the actual crosshead 
movement.  
The test set‐up was designed to ensure uniaxial loading using the machined 
fixture shown in Figure 5.2. Each static test resulted in a stress–strain curve that was 
calculated from the real‐time force versus displacement data obtained from the test 
machine. The effective modulus, maximum compressive strength, 0.2% offset yield 
strength, modulus of toughness (UT), and modulus of resilience for each sample were 
determined from the stress–strain curve. 
 
Figure 5.2: Set‐up for uniaxial compression testing. 
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The cellular structures were considered as a porous solid, and this investigation 
always referred to the overall cross‐sectional surface and not the load‐bearing areas 
of the struts. The deviated elastic modulus related to the structural modulus of the 
cellular structures as well as the determined strain also referred to the cross‐sections 
of the specimens and could be described as nominal. To facilitate understanding and 
comparison between this study and similar studies of porous materials, the elastic 
modulus was called instead of the structural modulus, and the compressive strain was 
measured instead of the nominal strain. The exact definitions described above should 
be kept in mind when considering these data. 
5.2.2. Finite element analysis (FEA) 
ANSYS 16.1® finite element software (Ansys Inc., USA) was used to predict 
the effective elastic modulus for the four cellular specimens with strut sizes between 
400 and 700 μm. The effective elastic moduli values were then compared with the 
physical test data.  
Three‐dimensional finite element models with an identical geometry to that of 
the CAD models used for laser‐melting manufacture were imported for 
computational analyses using ANSYS 16.1 software (Figure 5.3).  
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Figure 5.3: Mesh model of the CoCrMo cellular structure with a strut size of 400 µm. 
Each model was meshed using 10‐node tetrahedral solid elements. The mesh 
sensitivity was measured until further mesh refinement changed the von Mises stress 
of the model by 5% or less. This produced an element size of 0.2 mm (392,875 
elements), which was used in each simulation (Figure 5.4).  
Load 
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Figure 5.4: Mesh sensitivity of CoCrMo cellular structures. 
A uniform 0.8% compressive strain was applied in y direction within the 
elastic limit to the top surface of the specimen. The opposite face was fully 
constrained. Symmetrical boundary conditions were applied in both the frontal and 
sagittal planes so that one‐quarter of the designed cylindrical shapes were used to 
reduce the computational time in each simulation. The CoCrMo alloy was modelled 
with nonlinear material properties by using a bilinear isotropic hardening stress–
strain relationship. CoCrMo was inputted with an elastic modulus of 200 GPa, a 
0.2% offset yield strength of 600 MPa, and the ultimate compressive strength of 
1,100 MPa. The tangent modulus was 2,538 MPa and a Poisson’s ratio of 0.3 was 
assumed. Given that the cellular structures of the pillar octahedron comprised a 
transversely isotropic material (Ex = Ez ≠ Ey), the effective elastic modulus in this 
study was considered to be represented by only Ey, according to their loading 
applications. The effective elastic modulus values are calculated according to the 
following equation: 
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   Ey = σε  = 
ቀ FyA  ቁ
ቀ ∆ll  ቁ
 = Fy
0.008 ×A
       (Eq. 5.1) 
where Fy is the reaction force across the constrained face of the model, A is the 
cross‐sectional area of the component, and Δl as the deformation length from an 
initial length (݈). 
5.3. Results and discussion 
5.3.1. Compressive mechanical properties 
The average stress–strain curves obtained from the compression tests of the 
laser‐melted CoCrMo cellular structures and graded cellular models are presented in 
Figure 5.5.  
 
Figure 5.5: Stress–strain curves of CoCrMo cellular structures (a) and CoCrMo 
graded cellular structures (FGMs) (b). 
An elastic–plastic deformation region emerged after the linear elastic loading 
region and this region was followed by the strain hardening region, in which the 
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stress increased almost linearly and the model broke. The densification region after 
the end of the plateau region, as mentioned by Gibson and Ashby (2005), was not 
observed in the CoCrMo cellular structures in this study. The limited crushable 
performance of these selective laser melting (SLM)‐processed CoCrMo cellular 
structures resulted from the brittle fracture (Figure 5.6) of the strut before the 
beginning of the densification region.  
 
Figure 5.6: Fracture surfaces of laser‐melted CoCrMo after compression. Arrows 
present the fracture line. 
The cellular structures of varying strut sizes (t) showed a similar trend line; that 
is, their stress curves seem to be scaled by a scalar in relation to each other. The 
compressive properties of the cellular structures are reported in Table 5.1. As shown 
in Table 5.1, the elastic modulus, yield strength, compressive strength, and energy 
absorption tended to increase as the porosity decreased (A1–A5). The opposite 
scenario of having a porous structure increases the risk of structural failure because 
the materials suffer from a loss of physical properties (i.e., strength). The stress 
concentration at the porous interface contributes to localised damage at points of 
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intrinsic weakness and loss of sufficient strength to withstand physiological loads 
(Leong et al., 2008; Smith et al., 2013).   
Table 5.1: Compressive mechanical properties of laser‐melted CoCrMo 
models. 
Type 
Effective 
elastic 
modulus  
(GPa) 
0.2% yield 
strength 
(MPa) 
Ultimate 
strength 
(MPa) 
Strain at 
yield  
(%) 
Modulus of 
resilience 
(MJ/m3) 
Modulus of 
toughness 
(MJ/m3) 
A. CoCrMo cellular structures 
A1 2.332 ± 0.08 36 ± 2.35 113 ± 6.22 1.54 ± 0.17 0.31 24.60 
A2 2.656 ± 0.05 67 ± 1.26 284 ± 1.86 2.57 ± 0.41 0.89 62.47 
A3 2.98 ± 0.015 110 ± 2.66 453 ± 4.66 3.63 ± 0.28 2.18 94.26 
A4 3.139 ± 0.01 130 ± 1.85 523 ± 7.64 4.32 ± 0.17 2.81 116.86 
A5 5.258 ± 0.15 299 ± 1.36 916 ± 1.44 6.77 ± 0.26 10.1 200.69 
B. CoCrMo graded cellular structures 
B1 2.593 ± 0.13 79 ± 1.44 356 ± 2.12 3.31 ± 0.15 1.30 76.77 
B2 2.647 ± 0.04 81 ± 1.12 310 ± 2.88 3.31 ± 0.18 1.37 61.23 
B3 2.586 ± 0.11 74 ± 1.16 270 ± 1.47 3.08 ± 0.12 1.14 51.56 
B4 2.450 ± 0.10 66 ± 3.44 217 ± 4.86 3.00 ± 0.14 1.00 43.54 
The laser‐melted CoCrMo cellular structures with the pillar octahedral internal 
architecture in this study also exhibited suitable pore sizes and porosity for the bone 
biological environment and had reduced stiffness to the levels found in bone tissues, 
likewise the results of the SLM‐processed square pore CoCrMo cellular structures 
(Hazlehurst et al., 2013a).   
 Our CoCrMo cellular structures had elastic modulus between 2.33 and 3.14 
GPa, and the corresponding compressive strengths were in the range of 113.34 to 523 
MPa. The values for the CoCrMo cellular structures in this study offered stiffness 
and compressive strength values similar to those of cortical tissues, which are in the 
range of 2.73–17 GPa (Bayraktar et al., 2004; Öhman et al., 2007) and 100–150 MPa 
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(Roohani-Esfahani, Newman, & Zreiqat, 2016), respectively. Plastic failure 
mechanism of these cellular structures contributed to high‐energy absorption with the 
range of 24.6–116.86 MJ/m3, depending on the relative density.  
Process parameters are the crucial factors to standardise the SLM‐built material 
properties. The solid CoCr (A5) in this work has lower yield strength than the study 
reported by Liverani et al. (2016). Although improving laser‐melting efficacy can 
increase the mechanical properties, the decreased surface roughness may limit the 
cell biologic functions.  
The relationships between the normalised compressive properties of cellular 
structures and relative density (ρ*/ρs) were analysed using nonlinear regression, 
based on Gibson and Ashby’s method, which also showed nonlinearity (Lorna J. 
Gibson, 2005). The normalised effective elastic modulus, normalised yield strength, 
and normalised compressive strength represented the fractional ratio of the elastic 
modulus, yield strength, and failure stress between cellular structures and a CoCrMo 
material, in which the Young modulus of CoCrMo = 200 GPa, yield strength = 600 
MPa, and ultimate tensile strength = 1,100 MPa. The relative density (ρ*/ρs) 
represented the fractional density ratio between the cellular structures and CoCrMo 
(8.3 g/cc). These relationships based on experimental results predicted the elastic 
modulus, yield strength, and compressive strength of the CoCrMo cellular structures 
of different densities following these equations: 
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E cellular structure  =  1.1e1.917ሺρ* ρs⁄ )        (Eq. 5.2) 
σ yield                  =  10.56e4.159ሺρ* ρs⁄ )      (Eq. 5.3) 
σ failure                =  59.312e3.499ሺρ* ρs⁄ )     (Eq. 5.4) 
The graph fit with the R2 of eq. 5.2–5.4 was 0.96, 0.99, and 0.90 with standard 
error values for the prediction of the elastic modulus, yield strength and, failure 
strength of cellular structures of 0.2 GPa, 9 MPa, and 80.3 MPa, respectively (Figure 
5.7). 
 
Figure 5.7: Relationships of normalised elastic modulus (a), normalised yield 
strength (b), normalised compressive strength (c) versus the relative density of 
CoCrMo cellular structures. 
 Chapter 5: Compressive Behaviour of Laser‐melted Cobalt–Chromium Graded Cellular Structures 115 
The graded cellular structure is a vital concept for creating tissue engineering 
materials that can behave like bone tissue. The stress–strain curves of the CoCrMo 
graded cellular structures according to grading orientations are presented in Figure 
5.5. The effective elastic moduli did not differ significantly between the four types of 
CoCrMo graded cellular structures (ANOVA, p = 0.36); however, they performed 
differently under compression. Post hoc testing to identify the differences between 
the four types of CoCrMo FGMs showed that the yield strength did not differ 
significantly between the dense‐core and hollow‐core FGMs (Tukey’s HSD test, p = 
0.59). By contrast, these two FGMs had higher yield strength than the axially graded 
FGM (p = 0.41 and 0.07) and reversed axially graded FGM (p < 0.01 and < 0.01). 
The yield strength was also significantly higher in the axially graded FGM than in 
the reversed axially graded FGM (p = 0.01). Therefore, grading the density of 
cellular structures along the radial plane as in the dense‐ and hollow‐core FGMs 
produced a higher yield strength than grading the density along the longitudinal 
direction.  
The compressive strength was the highest for the dense‐core FGM compared 
with the hollow‐core FGM, axially graded FGM, and reversed axially graded FGM 
(ANOVA, p < 0.01, < 0.01, and < 0.01, respectively). A previous study showed the 
advantages of radial functionally graded structural models to produce an effective 
anatomical environment for biological implants and to repair damaged 
musculoskeletal tissues (Chua et al., 2011). In terms of mechanical advantages, the 
radially grading orientation had a higher yield and maximum compressive strength 
than the longitudinally graded orientation under compression. The dense‐core and 
hollow‐core graded FGMs had higher resilience and toughness than the 
longitudinally graded orientation.  
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The advantages and disadvantages of CoCrMo graded cellular structures in 
relation to the CoCrMo cellular structures with the same relative density were 
compared. The compressive properties of CoCrMo cellular structures were 
calculated using the relationships proposed in Eqs. 5.2–5.4. Figure 5.8 shows that the 
elastic moduli of CoCrMo FGMs were nonsignificantly lower than those of the 
cellular structures. The yield and compressive strength also did not differ 
significantly between the graded cellular structures and CoCrMo cellular structures. 
However, in the model with density grading along the longitudinal plane with the 
stiffness increasing distally, the reversed axially graded FGM (B4), contributed to 
lower elastic modulus, yield, and compressive strength compared with the cellular 
structures (t test, p = 0.01, 0.02, and 0.023, respectively). 
 
Figure 5.8: Compressive mechanical comparisons of CoCrMo graded cellular 
structures (FGMs) and uniformed cellular structures. The lines represent the upper 
and lower predictive values of the uniformed cellular structures. 
The concept of FGMs is to mimic functionally graded properties of bone 
tissues; however, grading the density of the cellular structures made their mechanical 
behaviours just similar or less than those values of ungraded CoCrMo cellular 
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structures. The key is a lower mechanical performance due to a disruptive interface 
between zones of the SLM‐built graded cellular structures could not be observed. 
Although the cellular structures with grading exhibited the same values for elastic 
modulus, yield, and compressive strength as those in the cellular structures, the 
dense‐core and hollow‐core FGMs tended to exhibit a higher strength than the 
cellular structures. 
5.3.2. Deformation modes 
A visual examination of the specimens during loading indicated that, during the 
first 5% of strain, the specimens expand laterally in relation to the linear–elastic 
region and deformation was reversible. The collapse mechanisms in the pillar 
octahedral structures are shown in Figure 5.9. The localised buckling of the vertical 
strands caused shear bands to form at an angle of 45° (Smith et al., 2013). Further 
compression led to greater plastic deformation, which caused the 45° crush bands to 
expand gradually from the top to bottom and resulted in a brittle fracture across the 
structure. This finding is consistent  with the results of McKnow et al. (2008) and 
Gümrük et al. (2013).  
 
Figure 5.9: Deformation behaviours of CoCrMo cellular structures with 
porosities of 67, 54, 44, 41, and 14% (A1–A5). 
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The CoCrMo graded cellular structures also deformed differently according to 
the graded orientation (Figure 5.10). The dense‐core and hollow‐core FGMs (B1 and 
B2) were deformed by bulking, whereas the axially and reversed axially graded 
FGMs (B3 and B4) deformed initially in the‐low density part and failed because of a 
crush band in that area.   
 
Figure 5.10: Deformation behaviours of CoCrMo graded cellular structures: 
dense‐core, hollow‐core, axially graded and reversed axially graded types (B1–B4). 
5.3.3. Finite element analysis of CoCrMo cellular structures 
FEA was applied to understand the stress distribution inside the pillar 
octahedral cellular structures, Figure 5.11. Vertical struts of pillar octahedral shape 
play the major role to resist compressive loads. The CoCrMo cellular structures first 
fail from the buckling of the vertical struts. Then bulging sides of the structures 
contribute to the densification of the cellular structures if less stress concentration 
accumulates around the notch areas.       
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Figure 5.11: von Mises stress of CoCrMo cellular structures (t = 500 μm). 
Figure 5.12 compares the effective stiffness values measured from physical 
testing and computational simulation. The relationship between the experimental and 
computational results was very low. The computational analysis overestimated the 
effective stiffness by a mean factor of 5.7 ± 2.9 compared with the physical testing. 
 
Figure 5.12: Comparison of the values for the elastic modulus between 
experimental results and FEA. 
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One of the reasons why the computational simulations overestimated the 
stiffness of the cellular structures relates to the quality of the printed specimens. The 
SLM fabrication produces the porous struts with irregular surfaces and notching of 
the cellular structures, Figure 5.13. The surface irregularity, thereby, increases stress 
concentration and initiates crack formations.   
 
Figure 5.13: Scanning electron image of CoCrMo cellular structures showing 
the porous lattice with surface irregularity.   
By contrast, the finite element models analysed the geometry of solid struts 
with regular surfaces. Less stress concentration within these finite element models, 
therefore, exhibits the greater mechanical properties, as shown in the comparison. 
Although the SLM techniques have not been standardised, quality of the built varies 
upon the efficiency of a machine and setting parameters. Improving the melting 
processes of the SLM may reduce notching and imperfection of the built‐specimens. 
Therefore, the overestimated factors by FEA are anticipated to become closer to the 
physical testing. 
In addition, a previous study reported the difference between the actual 
stiffness and computationally predicted stiffness by a mean factor of 4 (Harrysson, 
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Cansizoglu, Marcellin-Little, Cormier, & West Ii, 2008). This implies that the 
internal architecture also affected the degree of surface irregularity fabricated using 
SLM processes, which resulted in different predictive factors between the FEA and 
physical testing. Material densities and porous surfaces of individual 3D‐printed 
architecture are varied depending on the strut orientations, as indicated in Chapter 3. 
Therefore, predicting the degree of overestimation with FEA involves multi‐factorial 
factors, including the architectures and printing processes, which are hardly to be 
controlled. While there is no standardised method for SLM processes, the physical 
testing seems to be the method of choice to interpret mechanical properties of the 
laser‐melted graded cellular structures.  
This thesis research showed the greater strength of radially graded cellular 
structure, dense‐ and hollow‐core FGMs, than the longitudinal graded cellular 
structures. The hollow‐core FGM could replicate the morphology of bone tissue, and 
it exhibited the greatest yield strength compared to other FGMs, Figure 5.14. 
 
Figure 5.14: Bone structures and graded cellular structure (hollow‐core model).  
Although the mechanical properties were weaker for axially graded FGMs than 
radially graded types, grading the pore sizes along the longitudinal axis supported 
regeneration of bone and cartilage tissues on the joint surfaces. There is an 
appropriate pore size for each cell type in each location, hence gradations in pore size 
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and porosity in the axial orientation of the scaffolds is critical for creating multi‐
tissue regenerations (Karageorgiou & Kaplan, 2005). 
5.4. Summary 
Unpredicted surface irregularities that resulted from SLM manufacturing 
processes limited the use of FEA for predicting the mechanical properties of 
CoCrMo cellular structures. Wide variations are expected from the different melting 
parameters and machine efficiency, since no standard process has been identified. 
Therefore, FEA results generally overestimate the stiffness of cellular structures, and 
physical testing seems to be the main method for confirming the mechanical 
properties of the laser‐melted cellular structures during an early era of SLM 
manufacturing techniques.  
The compressive properties of CoCrMo cellular structures based on the pillar 
octahedral architecture exhibited similar stiffness (2.3–3.1 GPa) but greater 
compressive strength (113–523 MPa) and toughness (25–117 MJ/m3) than those of 
bone. Grading the strut size of the pillar octahedral unit cells produced variations in 
the pore size and porosity of the cellular structures. Controlling the orientation of the 
gradients could be used to tailor the mechanical and/or biological requirements of the 
structure and anatomy that needs to be replaced. Grading the density along the radial 
plane provided stronger structures than axially graded models. Therefore, the dense‐
core and hollow‐core graded models would be best suited to replacement of bone 
structures that needs strength, such as long‐bone defect and interspinal cages.     
This study found that grading the FGMs with dense‐core, hollow‐core and 
axially graded types preserved the compressive properties, and these properties did 
not differ between the cellular structures. However, the reversed axially graded 
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FGMs did not have mechanical benefits because of the increasing risk of structural 
failure. Although the reversed axially graded type had limited stiffness reduction 
because of the lower compressive strength (216.7 MPa) than the cellular structure, its 
strength was still higher than that of cortical and cancellous bones (100–150 MPa). 
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Chapter 6:  Effects of Cobalt–Chromium Graded Cellular 
Structures on Peri‐implant Stress Transfer 
6.1. Introduction  
The bone–implant interface is one of the major sites of problems associated 
with a high stiffness of metallic implants. Finite element analysis (FEA) of bone‐
implant configurations show that high interface stress peaks appear at the interface 
edges, whereas the remaining part of the interface remains unloaded (Gross & Abel, 
2001). This peak stress is called “stress concentration” and can contribute to implant 
loosening and pain.  
Stress concentration is a common effect in the interfaces between bone and 
metallic implants such as intramedullary bone implants. The location where the load 
transfer is concentrated can be controlled by changing the stiffness ratio of the parts 
(Engh et al., 1992). In a normal hip, loading from a hip joint transfers directly to the 
bone. After hip replacement, the load is transferred from the implant to bone. The 
stiffness of the implant is higher than that of bone, and the load transfer is 
concentrated at the distal end. The stiffer the stem, the more load transfer is 
concentrated distally, and the more bone is stress shielded. As a consequence, the 
load inside the proximal bone is less than it was before insertion of the implant.  
Bone adaptive process adapts bone properties to the new mechanical stimuli, 
which then causes massive bone resorption on the unloaded area (Engh et al., 1992). 
This weakens the bony part of the connecting construction, which contributes to the 
loosening of the implant, and compromises revision surgery when necessary (Kuiper 
& Huiskes, 1997). 
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The load transfer of an intramedullary bone implant can be influenced in the 
same way. A relatively stiff stem will concentrate load transfer at the distal end of 
the implant, whereas the load will concentrate proximally when a more flexible stem 
is implanted. By allowing the implant material to become nonhomogeneous, one can 
balance the two load concentrations against each other (Gong et al., 2012). 
Functionally graded materials (FGMs) are one example of nonhomogeneous 
materials. The gradation in FGMs can be created by varying the composition and/or 
microstructural topology (Radman, Huang, & Xie, 2013). The literature shows that 
nonhomogeneous materials can successfully control the uniform stress concentration, 
which results in less bone stress shielding.  
There is less understanding of the effects of grading orientation on controlling 
stress transfer to the surrounding host bones. Only few computational studies of the 
femoral hip model have reported that graded cellular implants can transfer more load 
onto the proximal femoral bone (Hazlehurst et al., 2014; Khanoki & Pasini, 2012; 
Oshkour, Osman, Davoodi, et al., 2013).  
Chapter 5 has described the studies of the mechanical properties of cobalt–
chromium–molybdenum (CoCrMo) graded cellular structures and showed that their 
mechanical properties were related to the graded orientation. This chapter describes 
the analysis of the effects of CoCrMo graded cellular structures on controlling stress 
transfer. Although the literature contains reports of the benefits of FGMs on reducing 
the bone stress‐shielding effect using numerical analyses (Hazlehurst et al., 2014; 
Oshkour, Osman, Yau, Tarlochan, & Abas, 2013), the FGMs used in graded cellular 
structures have not been investigated. It remains controversial whether grading the 
porosity along the whole component using particular orientations would increase the 
stress distribution to the proximal part of the host bone.  
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6.2. Materials and methods 
The four designs of CoCrMo graded cellular structures, FGMs (B1–B4) 
described in Chapter 4 were manufactured using selective laser melting (SLM) 
techniques to identify which grading types could maximise the proximal stress 
transfer. The solid CoCrMo model (A5) and CoCrMo cellular structure (A1) with 
67% porosity were set as the negative and positive controls in this study, 
respectively. The high stiff implant was assumed to behave like a model of stress 
shielding (negative control), while the cellular structure with the lower stiffness than 
those of FGMs was determined as the model of load sharing (positive control). 
Therefore, the effects of FGMs on stress transfers to an adjacent bone were 
investigated.  
6.2.1. Graded cellular structure (FGM)–tube configurations 
Longitudinal tubes were created with a commercial photopolymer resin 
(WaterShed XC 11122, DSM Somos®, USA) using the in‐house stereolithography 
apparatus (SLA) machine, Figure 6.1. 
 
Figure 6.1: In‐house stereolithography. 
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The dimensions of the polymeric tube are shown in Figure 6.2. The FGM tube 
configurations were bonded using the photocured resins under ultraviolet light for 4 
hours. The resins bonded only on the FGM surfaces so, theoretically, it was assumed 
to resemble bone osseointegration. Even though the elastic modulus of WaterShed (E 
= 2.4 GPa) is less than of the cortical bone (E = 17 GPa), the stress‐transferring 
characteristics from the CoCrMo graded cellular structures to the lower‐stiffness 
materials could be compared.       
 
Figure 6.2: FGM tube configuration used for strain measurements at the (1) 
proximal, (2) middle, and (3) distal areas. 
6.2.2. Strain gauge preparation 
To measure the strain values in each location, strain gauge techniques were 
used to compare the effect of FGMs (B1‐B4) on promoting proximal stress transfer 
to the surrounding tube. The CoCrMo cellular structure with 67% porosity (A1) and 
the solid model (A5) were selected as the positive and negative controls. Three 120 
Ω strain gauge rosettes (TML, FRA‐2‐17‐1L, Japan) were attached at three levels to 
the proximal, middle, and distal of the outer tube surface. The gauges were aligned 
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parallel to the longitudinal axis of the tube, as shown in Figure 6.2. The areas for 
strain measurement were prepared by cleaning the surface with fine‐grit sandpaper 
and degreasing with acetone. 
6.2.3. Strain measurement  
Experiments were performed using an Instron 5566 machine with a 10 kN load 
cell, Figure 6.3. The FGM tube assembly was secured distally with a vice before a 
compression load of 2,000 N was applied to the FGMs using a displacement control 
(rate = 2 mm/min and preload = 20 N). The load control was then set to achieve a 
fixed force of 2,000 N for 60 s and the strain values were measured. Three replicates 
of each design were repeated three times, and the average principal strain values 
were calculated for the proximal, middle, and distal strain gauge rosettes. All gauge 
outputs were recorded using a measurement amplifier (NI, PXIe‐1071).  
 
Figure 6.3: Mechanical set‐up for strain gauge measurements. 
The maximum and minimum principal strains (ε) were calculated using the 
following equations:  
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 ε max  = 12 ቂε1+ ε2+ඥ2ሼሺε1 ‒ ε3)2+ ሺε2 ‒ ε3)2ሽቃ       (Eq. 6.1) 
 ε min  = 12 ቂε1+ ε2‐ඥ2ሼሺε1 ‒ ε3)2+ ሺε2 ‒ ε3)2ሽቃ     (Eq. 6.2) 
where ε1, ε2, and ε3 are the strains in the gauge elements 1, 2, and 3 of the strain 
gauge rosette, respectively. The maximum and minimum principal stresses (σ) on the 
tube surfaces were calculated following using the following equations:  
  σ max  = E1 ‒ ν2 ሺε max + νε min)      (Eq. 6.3) 
   σ min  = E1 ‒ ν2 ሺε min + νε max)      (Eq. 6.4) 
where Poisson’s ratio and the elastic modulus of the tube material are ν = 0.3 and E = 
1,539 MPa. 
6.2.4. Finite element analysis (FEA) 
FEA was undertaken on a three‐dimensional model with dimensions similar to 
the specimens created with SLM. The four types of CoCrMo graded cellular 
structures were modelled as single‐continuum bodies that were assigned material 
properties with respect to the chosen cellular structures. The contact surfaces 
between FGM and tube were bonded completely. The models were meshed using 
hexagonal elements, Figure 6.4. 
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Figure 6.4: The finite‐element mesh model. 
Mesh sensitivity was measured until further mesh refinement changed the 
maximum von Mises stress by 5% or less. Boundary conditions were applied to 
replicate the experimental testing conditions, and a compressive load of 2,000 N was 
applied on the top surface of the specimens. 
The continuum bodies of each CoCrMo cellular part and the bonding tube were 
modelled with nonlinear material properties by using a bilinear isotropic hardening 
stress–strain relationship. The material properties used in this simulation were 
determined previously from the experimental results reported in Chapter 5 with an 
assumed Poisson’s ratio of 0.3, as shown in Table 6.1. 
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Table 6.1: Material properties assumed for the bilinear stress–strain 
relationship. 
Material Elastic modulus 
(MPa) 
Yield strength 
(MPa) 
Max strength 
(MPa) 
Tangent modulus 
(MPa) 
A1 2,332 36.43 113.34 308.19 
A2 2,656 67.2 284.35 669.57 
A3 2,980 109.83 453.16 1,094.4 
A4 3,139 130.24 522.98 1,183.8 
A5 5,258 299 916 2,041 
The minimum principal stress on the tube surface corresponding to the 
proximal strain gauge position was measured and compared with the physical test 
results. 
6.3. Results and discussion 
FGM signifies a new class of composites which consists of a graded pattern of 
material microstructures. The macrostructure of FGMs can have a microstructure that 
produces continuous or discrete change in mechanical properties due to variation in 
structure changing gradually. The main advantages of using FGM implant are 
reduction in stress shielding effect on the adjacent bone tissues, but grading the 
microstructures in which orientations would result the most effectiveness. The elastic 
modulus of the different graded types of CoCrMo FGMs was in the same range of 
2.45–2.647 GPa as the density of 4.02 ± 0.03 g/cc, as shown in Chapter 5.  
The effects of CoCrMo graded cellular structures on maximising proximal 
stress transfer were investigated. Theoretically, the elastic modulus of CoCrMo (E = 
200 GPa) is significantly higher than the polymeric tube (E = 2.4 GPa), hence the 
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peri‐implant proximal stress shielding will concentrate at the distal end. The 
CoCrMo solid model (A5) was used as the negative control, and it clearly showed a 
minimum strain distribution as detected by the proximal strain gauge (–296 ± 10 
microstrain). The CoCrMo cellular structure with 67% porosity (A1) was used as the 
positive control because of its lower density (2.74 ± 0.02 g/cc), stiffness (2.332 GPa), 
and compressive strength (113.34 MPa) than those of CoCrMo graded cellular 
structures. The strain value of CoCrMo cellular structure was –846 ± 26 microstrain, 
which equated to a 185% enhancement of the proximal stress distribution compared 
with the negative control.   
The effects of graded cellular structures on providing greater control of the 
stress distribution to the proximal region of the stem–tube assembly were 
investigated and compared between the four types of CoCrMo graded cellular 
structure: dense‐core graded, hollow‐core graded, axially graded, and reversed 
axially graded. The output data of the strain measurements were calculated to 
estimate the amount of stress acting on these regions, as shown in eq.6.1–6.4.  
Figure 6.5 shows the values for the minimum principal strain and stress 
measured by the proximal, middle, and distal strain gauges. All CoCrMo graded 
cellular structures exhibited greater stress and strain distribution on the proximal area 
of the tube surface than did the CoCrMo solid model (negative control). However, no 
significant difference in the proximal strain gage was found between the solid 
specimen and the dense core FGM (ANOVA and Tukey’s HSD test, p = 0.15).   
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Figure 6.5: Strain (a) and stress (b) distributions along the proximal, middle, 
and distal parts of the tube surfaces under compression loads. 
The hollow‐core, axially graded, and reversed axially graded FGMs all 
exhibited significant enhancement of the stress distribution in the proximal tube 
surface (increases of 205%, 300%, and 195%, respectively). To interpret the benefits 
of proximal stress distributing on the CoCrMo graded cellular structures over that of 
the less‐stiff CoCrMo cellular structure, the proximal stress values were compared 
with the positive control. The hollow‐core FGM and reversed axially graded FGM 
showed similarly enhanced values for the peri‐implant proximal stress distribution as 
exhibited by the positive control (ANOVA and Tukey’s HSD test, p = 0.681 and 
0.834, respectively). However, the axially graded FGM showed the most desirable 
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improvement in proximal stress distribution over the positive control (Tukey’s HSD 
test, ANOVA, p = 0.001).  
 
Figure 6.6: Comparisons of minimum principal stress between finite element 
analysis (FEA) and experimental results. 
These findings show that CoCrMo graded cellular structures with the axially 
graded orientation maximised the proximal stress distribution in the bone–stem 
model. The stress distribution between the physical tests and FEA of the continuum 
body were compared to evaluate to the reliability of this FEA technique. The values 
of the minimum principal stress of the proximal area were compared, as shown in 
Figure 6.6. The values from both techniques were similar to the mean ratio factor of 
difference by 0.34 ± 0.09, Table 6.2.  
FEA is one of the methods to preliminarily analyse an appropriate design and 
testings before manufacturing. The stress values on the peri‐implant bone models 
using FEA of the graded material models were comparable those obtained by 
experimental testing. Therefore, FEA could be one of the tools for designing graded 
models of femoral hip implants to reduce the manufacturing costs.   
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Table 6.2: Comparison of test results between finite element analysis (FEA) 
and experiments. 
Sample 
Minimum principal stress (MPa) Ratio factor of  
Experiments FEA difference 
Dense‐core FGM –1.10 ± 0.17 –1.55 ± 0.4 0.40 
Hollow‐core FGM –1.96 ± 0.05 –1.49 ± 0.38 0.24 
Axially graded FGM –2.57 ± 0.42 –1.48 ± 0.18 0.43 
Reversed axially graded FGM –1.90 ± 0.09 –1.38 ± 0.21 0.27 
Both radially and longitudinally graded models exhibited potential to increase 
the stress transfer in the proximal area compared with the solid model. The light‐
weight structure of the CoCrMo cellular structure were less stiff than conventional 
CoCrMo alloys, which would increase the amount of stress transfer to peri‐implant 
areas. Grading the stiffness along the cellular structures regardless of the orientation 
affected the stress distribution to the contacted materials.  
Comparison of the stress distribution on the proximal surface of bone models 
showed that the axially graded type had the greatest stress distribution to the 
proximal area of the tube surface compared with the other types of graded 
orientation. These findings support the advantages of axially graded CoCrMo cellular 
structures by decreasing proximal bone stress shielding for intramedullary bone 
implants, such as femoral hip stems, as previously reported in FEA studies (Kuiper & 
Huiskes, 1997). 
6.4. Summary 
Numerical simulation and strain gauge measurements were used to predict the 
stress distribution on the peri‐implant bones in graded models with different 
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orientations. The grading orientation of CoCrMo graded cellular structures increased 
the likelihood of reducing stress shielding of an implant and consequently implant 
failure.  
The results from Chapters 5 and 6 indicate that the radially graded CoCrMo 
cellular structure provides greater strength and proximal peri‐implant stress shielding 
than the axially graded type. However, significant load‐sharing effect of hollow‐core 
FGMs over non‐graded cellular structures makes them suitable for bone implants that 
require high mechanical strength and graded pore sizes to match the cellular 
functions.  
The axially graded cellular models exhibited the advantage of promoting 
proximal stress distribution of the bone models. This quality makes the axially 
graded cellular structure suitable for use as an intramedullary bone implant. Both 
types of graded orientations— hollow‐core FGM and axially graded FGM—seem to 
have potential for shifting the stress transfer proximally to the peri‐implant bone. 
These findings about the graded orientations were used to create graded architectures 
for hip implants and to investigate their performance in terms of proximal femoral 
stress transfer in the following chapters.   
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Chapter 7:  Development of Laser‐melted Cobalt–Chromium 
Graded Femoral Stems   
7.1. Introduction  
The potential of simplified models of graded cellular structures to enhance 
proximal stress transfer to the contacted bone was reported in Chapter 6. However, 
grading the stiffness along the cellular structures in each orientation contributed to 
different mechanical properties, as described in Chapter 5. The experiments 
described in this chapter applied these findings to create femoral stems with graded 
cellular structures.    
Titanium hip implants are the gold standard of joint replacement materials 
because of the characteristics of titanium over other metals such as their light weight, 
high biocorrosion resistance, biocompatibility, high strength, and relatively low 
elastic modulus. However, the longevity of titanium hip implant is limited to 15–20 
years after implantation (S. J. MacDonald et al., 2010). One of the reasons for 
implant failures is peri‐prosthetic bone resorption caused by the bone stress‐shielding 
effect. A stiffness mismatch between the titanium alloy (116 GPa) and the femoral 
bone (15–25 GPa) contributes to the lower load acting on the femur, which initiates 
the bone adaptive remodelling process in which the surrounding bone is resorbed and 
the implant loosens. 
Using low‐elastic materials increases the load acting on the surrounding bones; 
however, excessive micromotions between the implant and bone contribute to an 
initial instability, which prevents bone osseointegration. Metallic cellular structures 
have been introduced into biomedical fields as bio‐inspired materials because porous 
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networks promote bone in‐growth and reduce the stiffness compared with solid 
materials (Amin Yavari et al., 2015; Cheng et al., 2012).  
A model of porous titanium  implants has better load sharing to surrounding 
bone compared with solid titanium implants (Inglam et al., 2013). However, porous 
titanium fabricated with selective laser melting (SLM) has poor fatigue strength and 
fail by long cyclic loadings (Amin Yavari et al., 2015; Amin Yavari et al., 2013). 
Cobalt–chromium–molybdenum (CoCrMo) alloys have greater strength, wear, and 
corrosive resistance than titanium (Learmonth et al., 2007). The load‐sharing of low‐
stiffness CoCrMo femoral stems with polymer‐bonded titanium coating surface 
(Epoch stem, Zimmer, Inc, Warsaw, IN) is fascinating during the 10‐year 
survivorship, however the layer separation between these composites is taken into 
account (Glassman, 2008; Hartzband et al., 2010). A femoral implant comprising 
porous tantalum with an inner cobalt–chromium–molybdenum (CoCrMo) core also 
showed slight enhancement of load sharing to bone compared with a titanium alloy 
stem (Tarala et al., 2011). 
 Recently, SLM‐processed CoCrMo implants have gained their interests owing 
to exhibiting a greater hardness, mechanical strengths, and biocompatibility 
(Hazlehurst, Wang, & Stanford, 2013b; Takaichi et al., 2013). SLM also seals the 
high stiffness of CoCrMo by free‐form structure fabrications (Sing, An, Yeong, & 
Wiria, 2016). The implant with graded stiffness in the same way as functionally 
graded structures of bone tissues not only fulfil the mechanical but also biological 
requirement of the replaced bones (Leong et al., 2008). Not much evidence has been 
fulfilled this concept, only one study by Hazlehurst et al. (2014) that supported this 
advantage of CoCrMo graded cellular structures on increasing the load transfers after 
total hip replacements.  
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However, the literature is less concerned about the effect of relative 
micromotion resulting from graded materials, and most studies have relied only on 
computational analysis. Models of CoCrMo graded femoral stems were investigated 
in this study to identify the designs that could maintain the relative micromotion 
within the normal range while increasing load sharing to the proximal femur. 
Physical testing of graded femoral stems was performed to identify any benefits of 
grading the implant stiffness in the next generation of orthopaedic bone implants. 
7.2. Materials and methods 
7.2.1. Three‐dimensional computer‐aided design models 
Computed tomography images of a 60‐year‐old woman were used to create 
three‐dimensional models of femoral bone using Amira software (FEI, USA). The 
femoral bone was identified using tissue threshold values of 148–1,872 Hounsfield 
units. A 120 cm length of the femoral stem was designed in computer‐aided design 
(CAD) software (SolidWorks, USA) using a modified tapered stem adapted from a 
commercial implant to match the internal geometry of the femoral canal. Only the 
proximal part of the femoral stem was sliced into parts based on the axial and radial 
planes of the stem, since it is the area supposed to share loads (Figure 7.1).  
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Figure 7.1: The geometry, mesh models, and boundary conditions of an axially 
graded femoral stem (AGS) and a radially graded femoral stem (RGS). 
The femoral stem replacement was performed using a visual operation in CAD 
software. The parameters of femoral head heights, head offset distances, and femoral 
neck anteversions between a femoral bone and after the implantation were controlled 
to have no differences.  
Four types of CoCrMo graded implants were tested: (1) a radially graded stem 
(RGS) with a stiffer inner core (dense RGS), (2) an RGS with a stiffer outer cortex 
(hollow RGS), (3) an axially graded stem (AGS) with a stiffer proximal end 
(proximal AGS), and (4) an AGS with a stiffer distal end (distal AGS). The effects of 
CoCrMo graded femoral stems were investigated and compared with those of the 
titanium femoral stem, which is the gold standard for hip replacement. 
7.2.2. Material models 
Cortical and cancellous bones were considered as a homogeneous, isotropic, 
and linear elastic material with an elastic modulus of 17 GPa and 0.4 GPa, 
respectively (Yeni, Wu, Huang, & Oravec, 2013). The elastic modulus of a laser‐
1987.6 N 
871.4 N 
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melted CoCrMo cellular structure with porosity between 14–54% was assigned to 
each part based on graded patterns, Table 7.1.  
These materials exhibited a compressive strength > 150 MPa, similar to that of 
a cortical bone (Roohani-Esfahani et al., 2016). All materials were assumed with a 
Poisson’s ratio of 0.3. 
Table 7.1: Material properties of graded femoral stems. 
Materials Porosity (%) Elastic modulus (MPa) 
Yield strength 
(MPa) 
Max strength 
(MPa) 
A2 54% 2,656 67.2 284.35 
A3 44% 2,980 109.83 453.16 
A4 41% 3,139 130.24 522.98 
A5 14% 5,258 299 916 
CoCrMo 0% 200,000 600 1,100 
Ti 0% 116,000 795 860 
 
7.2.3. Finite element analysis (FEA) of CoCrMo graded femoral stems  
Bone and graded femoral stem configurations were modelled by following a 
continuous approach (Hazlehurst et al., 2014), using ANSYS 16.1® finite element 
software (Ansys Inc., USA). Both primary (non‐osseointegrated stage) and 
secondary (osseointegrated stage) stem stability were modelled. The following 
flowchart illustrates the processes used in the computational simulations, Figure 7.2.  
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Figure 7.2: Flowchart of finite element analysis 
Contact properties between an implant and bone were controlled to represent 
the primary (non‐osseointegrated) and secondary (osseointegrated) stages after 
implantation. In non‐osseointegration, bone‐implant interface exhibited large sliding 
surface‐to‐surface contact elements with purely frictional behaviours. The friction 
coefficient value (μs) of metal porous surfaces is reported about 0.7 (Levine, 2008). 
The contact behaviour between the contact surfaces was assumed to behave with 
symmetric behaviour. The force vector for these contact elements is 
൝ 
P
τy
τz 
ൡ        (Eq. 7.1) 
Create 3D models 
of stems 
CT scan of patient boneSolidWorks 
Import images to Amira
Create 3D 
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where P is the normal contact pressure,  and τy and τz are tangential contact stresses 
in y and z directions of the local coordinate system, and x as the normal to the 
element surface. An augmented Lagrangian method was used as a contact algorithm 
(Bernakiewicz & Viceconti, 2002). This force vector is calculated following these 
formulae: 
 P  =  ቄ   0                       if un > 0Knun                   if un ≤ 0     (Eq. 7.2) 
 τy, z  =  ቊ  Ktu y,z           ifඥτy
2+τz2 ‒ τlim < 0 (sticking)
μsKnun          ifඥτy2+τz2 ‒ τlim = 0 (sliding)   (Eq. 7.3) 
where Kn and Kt are the normal and tangential contact stiffness, μs is the static 
friction coefficient, un is the contact penetration distance, and uy and uz are the slip 
distances in the y and z directions. As can be seen in Eq. 7.3 sticking frictional 
contact behaves like a linear spring and offers sliding resistance independently of the 
presence of friction, whereas a sliding frictional contact exhibits frictional behaviour 
only. The shear behaviour of the contact (sticking or sliding) is determined by τlim 
(sliding will occur regardless of pressure magnitude if shear stress reaches this value) 
and the friction model 
τlim = μsP + b       (Eq. 7.4) 
|τ| ≤ τlim  (sticking)  
|τ| > τlim  (sliding)       
where b is contact cohesion (shear stress supported by the contact interface when P = 
0). A non‐null contact cohesion will increase the value of τlim and prevent the contact 
from going into sliding mode if contact pressure is too low, meaning the interface 
will offer resistance to sliding even in the absence of friction, up to the value of b. 
For a shear stress above the value of b, the bond will break and the contact element 
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will go into sliding mode, hence the interface will behave as a purely frictional 
interface. Contact parameters used in non‐osseointegrated stage based on 
experimental test (Bernakiewicz & Viceconti, 2002) are kn 600–1,800 N/mm, μs = 
0.7, and b = 0. 
Loading of the femur was simplified by applying the hip joint reaction and 
abductor muscle forces. The forces used were derived from the single‐stance for a 
person waling with a body weight (BW) of 836 N, Table 7.2. The distal end of the 
femur was fully constrained to prevent rigid body motion.  
Table 7.2: Loads applied in the finite element models (Heller et al., 2005). 
Forces Medial–lateral 
(N) 
Superior–inferior 
(N) 
Anterior–posterior 
(N) 
Resultant 
(N) 
Hip joint reaction 451.4 ‒1,916.1 274.2 1,987.6 
Abductor muscles ‒484.9 723.1 ‒35.9 871.4 
The model was meshed with 10‐node tetrahedral solid elements, as shown in 
Figure 7.1. An element size of 2 mm (145,870 elements, mesh quality 0.82) was 
selected to mesh the whole model, given the preferable values of von Mises stress, as 
shown in the mesh sensitivity study, Figure 7.3.  
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Figure 7.3: Results of the mesh sensitivity study. 
 Parametric study with material properties based on the four graded patterns 
were optimised by which could match objective of relative micromotions < 150 μm. 
The relative micromotions along the constructive paths of medial and lateral bone‐
implant interfaces (Figure 7.4) were compared between designs.  
 
Figure 7.4: Medial (A1‐A2) and lateral (B1‐B2) bone‐implant interfaces. 
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In the osseointegrated stage, the implant and femur were assumed completely 
bonded along the bone–implant interfaces without press‐fit effect. The von Mises 
and principal stresses of both implants and femurs were analysed to investigate any 
risk of failure under loadings. The von Mises stress and principal stress of both 
implants and femurs were analysed to investigate any risk of failure under loadings. 
Stress shielding in the femoral bone was evaluated using von Mises stresses along 
the medial and lateral paths. The stress values were divided into seven Gruen zones 
(Gruen, McNeice, & Amstutz, 1979) to compare their mean values between the 
designs using CoCrMo graded femoral stems and the titanium femoral stem.  
The optimum models which exhibited both primary and secondary bone‐
implant stability were fabricated for physical testings.  
7.2.4. Physical testing of CoCrMo graded femoral stems 
The CAD model of the CoCrMo axially graded femoral stem, the proximal 
AGS model, was used to fabricate the graded femoral prostheses. The internal 
architectures of the pillar octahedron, with a unit dimension of 2 mm and strut size of 
400–700 µm, were incorporated into the geometry of the femoral stems using 
Boolean operations in SolidWorks. Because the flexural behaviours and stress 
transfers of the stem portion was of interest, the femoral neck and head were then 
removed during fabrication for economic reasons and ease of manufacture. The 
laser‐melted CoCrMo graded femoral stems (Figure 7.5) were fabricated using the 
in‐house SLM parameter settings as described in Chapter 4 to compare those results 
with the solid CoCrMo femoral stem.  
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(a) (b) 
Figure 7.5: Computer aided designs of graded femoral stems (a). CoCrMo 
femoral stems and CoCrMo graded femoral stems fabricated with SLM techniques 
(b). 
The building direction was aligned along the longitudinal axis of the stem. The 
post‐thermal treatment of 1,200 °C for 2 h was performed, and the parts of femoral 
head and neck were simply created with polymethylmethacrylate (PMMA, Villacryl 
H; E = 1.8±44 GPa, σyield = 37.9–58.4 MPa, and ν = 0.38) (Raszewski & 
Nowakowska, 2013) using a moulding technique.      
7.2.4.1. Flexural stiffness of graded femoral stems 
Three‐point bending tests were performed using an Instron testing machine 
with a load capacity of 30 kN. The specimens were placed on two brackets, 8 cm 
apart, with the lateral side of the femoral stem down, as shown in Figure 7.6. A 
cylinder, 10 mm in diameter placed parallel to and at equal distance from the 
brackets, transmitted the static bending load from the medial side at a speed of 1 
mm/min until failure (Strømsøe, Høiseth, Alho, & Kok, 1995).  
1 cm 
 Chapter 7: Development of Laser‐melted Cobalt–Chromium Graded Femoral Stems 149 
 
Figure 7.6: Three‐point bending experimental set‐up. 
Three replicates were performed to calculate a flexural stiffness, which was 
determined from the initial straight‐line portion of the load–deformation curve. The 
load at fracture was determined as the highest point of the curve, and the energy 
expenditure until fracture (J) as the area under the curve.  
7.2.4.2. Stress‐transferring effects of graded femoral stems 
The femoral hip stem was inserted into the synthetic femur using straight 
reamers and broaches following standard hip procedures. This resulted in 15° ± 5° of 
femoral neck anteversion, 35 ± 5 mm of medial hip offset, and normal joint centre 
restoration. Six implanted femurs were prepared with eight 0°/45°/90°‐stacked 
rosette strain gauges (KFG‐1‐120‐D17‐11L1M2S; Kyowa Electronic, Tokyo, Japan) 
attached to the medial and lateral surfaces of each femur following the landmarks of 
the Gruen zone. The strain gauges were oriented parallel to the longitudinal axis of 
the femur and were bonded with a cyanoacrylate adhesive (CC‐33A; Kyowa 
Electronic, Tokyo, Japan).  
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Figure 7.7: Strain gauges measurements. 
The implanted femurs were aligned with the knee joint line perpendicular to 
the floor and clamped with a vice, Figure 7.7. They were then loaded with the hip 
contact force (Fcc) and abductor muscle load (Fabd) for the single‐leg stance 
condition, as shown in Figure 7.8. A hip contact force is estimated of 2.3 times BW 
at 13° from the femur long axis (θcc = 13°‒θb).  According to the equilibrium 
calculations for hip loading forces (ߠܾ =  −4°    (Eq. 7.5), 
the proximal femur axis inclined at 4° of adduction (θb). The Fabd was applied with a 
steel cable using a lever that connected to the actuator through a custom‐made 
loading hinge. The steel cable was fixed to the greater trochanter through a custom‐
moulded PMMA cap. The same attachment location and technique were used for all 
samples to endorse repeatable muscle orientation relative to the femur. The Fabd of 
1.1 BW at 34° from the femur long axis (θabd = 34°‒θb) was applied by adjusting the 
distance between the actuator and the femoral head (doff) in proportion to the 
abductor muscle‐to‐femoral head lever arm (dm). The measure dm was 60 mm, and 
doff was adjusted in proportion to dm to maintain the same Fcc and Fabd values in all 
specimens. 
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Figure 7.8: Equilibrium calculations for hip loading forces (Park et al., 2010). 
Reprinted with permission of BioMed Central Ltd. 
In this setting, equilibrium on the lever plate was calculated using the 
following equations: 
 ∑ ܨݔ = 0   
ܨܾܽ݀ sinሺ34° − ߠܾ) − ܨܿܿ sinሺ13° − ߠܾ) = 0 
     ߠܾ =  −4°    (Eq. 7.5) 
  ∑ ܨݕ = 0 
ܨܾܽ݀ cosሺ34° − ߠܾ) + ܨܽ − ܨܿܿ cosሺ13° − ߠܾ) = 0 
     ܨܽ =  1.33 ܤܹ                                (Eq. 7.6) 
  ∑ ܯ = 0 
ܨܾܽ݀ ݀݉ = ܨܽ ݀݋݂݂ 
     ݀݋݂݂ =  0.83 ݀݉   (Eq. 7.7) 
Based on equilibrium of hip biomechanical calculations, as shown in Eq.7.6, 
the force applied by the linear actuator (Fa) was 1.33 BW. The quasi‐static 
compressive load was applied on a load jig, simulating the Fcc and Fabd acting on the 
femur, using an Instron loading machine. Based on the assumed body mass of 50 kg, 
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the Fa of 650 N was applied with the crosshead movement of 2 mm/s and held the 
load for 30 seconds to record the strain measurements.  
The strain gauges were used to calculate the average maximum and minimum 
principal strain and stress values from seven Gruen zones. All gauge outputs were 
recorded using a measurement amplifier (NI, PXIe‐1071). The maximum and 
minimum principal stresses at each Gruen zone were compared between the CoCrMo 
solid femoral stem and CoCrMo graded femoral stem. 
7.3. Results and discussion 
7.3.1. Finite element analysis 
7.3.1.1. Non‐osseointegrated stage 
The initial stability of a femoral stem is necessary for biological bony 
ingrowth, which can be secured by minimising the relative micromotion at the bone–
implant interfaces. Excessive micromotion (>150 μm), can promote the growth of 
fibrous connective tissue, which prevents bone ingrowth between the contact 
surfaces and leads to aseptic loosening and failure of the implant (Bieger et al., 2012; 
Lewallen et al., 2015). This study showed that the bone–implant interfacial 
micromotion of CoCrMo graded femoral stems could be controlled by adjusting the 
material properties in each part of the graded femoral stems. Parametric study 
showed the optimised material combinations that maintained micromotions in the 
adequate range, illustrated in Figure 7.9.  
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Figure 7.9: Material assignment of the four types of graded femoral stems (the 
percentage refers to porosity of the CoCrMo cellular structures with pillar octahedral 
architectures). 
Initial stability of cementless femoral stems is a key condition for long term 
survivor of the implants. Although this factor depends on many influences; a stem 
geometry, femoral canal geometry, and press‐fit techniques (Fernandes, Folgado, & 
Ruben, 2004; Huiskes, 1990), this work includes graded orientations to this end. The 
predicted bone–implant interfacial micromotions for the AGS and RGS models are 
shown graphically in Figure 7.10.  
 
Figure 7.10: The micromotion of medial and lateral bone–implant interfaces in 
the different types of CoCrMo graded femoral stems. 
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Although adjusting the material properties along the implant allowed the 
proximal AGS, dense RGS, and hollow RGS models to successfully restrict the 
amount of bone–implant interfacial micromotion to <150 μm, the distal AGS 
exhibited a peak of excessive micromotion on the proximal medial areas. Therefore, 
the distal AGS was excluded from further studies.  
7.3.1.2. Osseointegrated stage 
Generally, bone can grow into the troughs and pores of an implant’s surface 
within 1–2 months and mineralises to promote the added secondary stability of the 
implant. This stage is assumed to happen except in the distal AGS model. Therefore, 
only the proximal AGS, dense RGS, and hollow RGS models were investigated and 
compared with a conventional titanium femoral stem.   
Grading the stiffness along both longitudinal and radial axes moves von Mises 
stress more proximally, which means less of the loads carried on the distal stem. The 
mechanical strength of the femoral stems was the first priority for ensuring that they 
would not fail under loading. Reducing the stiffness along the femoral stem increased 
the risk of implant failure as a consequence of the reduction in yield strength of 
porous materials. However, Figure 7.11 shows that all designs of the CoCrMo 
graded femoral stem exhibited a maximum von Mises stress that was less than the 
yield strength corresponding to each part of the stem. 
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Figure 7.11: von Mises stress of femoral stems. 
The computational analysis showed that the peri‐prosthetic bone was prone to 
being affected by compression when the lateral cortex being subject to tension, 
consistent with other computational studies (Hazlehurst et al., 2014; Jonkers et al., 
2008). Situations in which an implant shares extreme stress to the femur, this could 
result in bone fracture. The principal stresses of the femoral bone were used to 
predict the occurrence of peri‐prosthetic bone fracture after implantation. The 
principal bone stresses and von Mises stress of femoral stems were summarised in 
Table 7.3.  
 
 
 
(MPa) 
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Table 7.3: Indicators of bone–implant fracture. 
Model 
Femoral bones 
von Mises stress of the 
femoral stem (MPa) 
Max. principal 
stress (MPa) 
Min. principal 
stress (MPa) 
Titanium 71.734 ‒83.71 153.85 
Dense RGS 73.12 ‒87.731 177.82 
Hollow RGS 73.187 ‒87.797 39.057 
Proximal AGS 74.732 ‒101.65 27.915 
It has been reported that the tensile and compressive strengths of the femoral 
cortical bone are 133 MPa and ‒193 MPa, respectively (Reilly & Burstein, 1975). 
Therefore, it was considered that the stress values of all studied designs would not 
cause femoral bone fracture.  
Although the von Mises stress of the femoral stems measured in this study was 
safe in terms of preventing stem fracture, analyses of the values of von Mises stress 
in each part of the graded femoral stem, particularly in the dense RGS, showed high 
gradient interfacial stress values, which raised the concern about stem delamination 
or internal cracks between the graded materials, Figure 7.12.  
 
Figure 7.12: Internal stress distributions of graded femoral stems. 
(MPa) 
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After osseointegration between the bone and implant, peri‐prosthetic bone 
density adapts according to the new loading patterns. When an implant is introduced, 
it carries a portion of the load originally carried by the bone tissue, which, based on 
the Wolff’s law, causes a tendency for the bone to atrophy in the absence of the 
stress in some regions of the remaining bone. The von Mises stresses along the bone–
implant interfaces were used as an indicator of the stress‐shielding effect, Figure 
7.13.  
The minimum and maximum stress values found in zones 1 and 4 of the 
titanium femoral stem, the benchmark for normal bone stress shielding were similar 
to those reported previously (Hazlehurst et al., 2014). These stress values are also 
consistent with the literature showing that the stress magnitude decreases gradually 
from distally to proximally in both the medial and lateral zones (Pitto et al., 2010).   
 
Figure 7.13: Comparison of the average von Mises stress values between 
femoral stems in each Gruen zone. 
As expected, the stress values in the distal area of titanium stem were higher 
than in other graded designs because of the stiffer materials. Comparison of the 
average von Mises stress values in the peri‐implant bones revealed that CoCrMo 
graded femoral stem had the advantage of promoting proximal bone stress transfer 
(M
Pa
) 
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over the titanium stem. Both longitudinally and radially graded prostheses shifted the 
stress to the proximal part. The stress shielding around the calcar and lesser 
trochanter of the femur, Gruen zone 7, was critical because the bone resorption in 
this area had a major effect on implant failure.  
This study showed that CoCrMo graded femoral stems increased the stress 
values, especially in zone 7, compared with the titanium stem (ANOVA, p = 0.001), 
consistent with the findings of previous studies (Hazlehurst et al., 2014; Khanoki & 
Pasini, 2012; Oshkour, Osman, Davoodi, et al., 2013; Oshkour, Osman, Yau, et al., 
2013). The dense RGS, hollow RGS, and proximal AGS models exhibited increased 
zone 7 stress values that were 3.28‐, 4.68‐, and 4.16‐times that of the titanium stem. 
Comparison between the different graded orientations showed that the hollow RGS 
exhibited the greatest stress transfer to zone 7. 
Previous studies proposed the load‐sharing femoral stems with the design 
similar to the dense RGS which composed of inner stiff material and porous cortex 
(Hartzband et al., 2010; Karrholm et al., 2002; Tarala et al., 2011). This work agrees 
their capability over the titanium femoral stem; however the greater load‐sharing 
efficacy can be predicted by the hollow RGS and proximal AGS. Although Oshkour 
et al. (2013) reported a radially graded femoral stem displayed more proximal bone 
strain energy than a longitudinally graded stem, there was no significantly differ 
between the hollow RGS and proximal AGS models in this study (ANOVA, p = 
0.244). Either the hollow RGS or proximal AGS could be optimum designs of graded 
femoral stems for fabrication of innovative femoral hip implants. The high shear 
stress failure between each circumferential layer of the radially graded models might 
contribute to a layer delamination is taken into account.         
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7.3.2. Flexural stiffness of CoCrMo graded femoral stems 
Three‐point bending experiments were performed to compare the mechanical 
properties of the CoCrMo graded femoral stem, the proximal AGS model with those 
of the SLM CoCrMo femoral stem using. The CoCrMo graded femoral stem was a 
half weight lighter than the CoCrMo solid femoral stem: 60.1 ± 2.87 g and 126.7 ± 
4.12 g, respectively. The flexural stiffness was investigated along the medial–lateral 
direction of the stem so it would represent the physiological bending of the implant 
after hip replacement.   
 
Figure 7.14: Load–deformation curves of the CoCrMo solid femoral stem (a) 
and CoCrMo graded femoral stem, proximal AGS model (b).  
Figure 7.14 shows that the flexural stiffness of the CoCrMo solid femoral stem 
was 17,734.66 ± 3,558 N/mm which nearly 10 times more rigid than the proximal 
AGS (1,840.33 ± 289.7 N/mm). The flexural stiffness of femurs reported by 
Strømsøe et al. (1995) was in the range of 520–2,200 N/mm. This suggests that the 
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CoCrMo graded femoral stem made using the proximal AGS model exhibited 
flexural stiffness comparable to that of the femur. 
Table 7.4: Results of three‐point bending physical testing. 
 Femur* Solid CoCrMo Proximal AGS 
Flexural stiffness (N/mm) 520–2,200 17,734 ± 3,558 1,840 ± 290 
Load at fracture (N) 1,400–8,000 16,362 ± 582 1,230 ± 60 
Energy (J) 4.7–32.7 25.48 4.67 
* results from (Strømsøe et al., 1995) 
Table 7.4 shows the mechanical properties measuring in the three‐point 
bending tests. Although the proximal AGS model exhibited flexural stiffness similar 
to that of femoral bone, its flexural strength and energy expenditure until fracture 
were lower than in the femur. Increasing a larger strut size could contribute to the 
greater strength and energy expenditure of this model.    
7.3.3. Stress transfer of CoCrMo graded femoral stems 
In experimental studies of hip replacement under anatomical loading, the hip 
reaction joint and abductor muscle forces were mimic the condition of one-legged 
stance.  The stress distribution along the femoral surfaces was compared between the 
CoCrMo solid femoral stem and CoCrMo graded femoral stem (proximal AGS 
model) to validate the results measured in FEA. 
The CoCrMo solid femoral stem appeared to exhibit a greater stress 
distribution on the distal part of the femur compared with the proximal AGS, which 
corresponded with the results for the titanium stem in the FEA. This suggested that 
the more bone stress shielding in a proximal position occurred in the solid model. By 
contrast, the proximal AGS model exhibited the greater proximal bone stress than the 
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solid model, which suggested that there was a greater load acting on the proximal 
femur.  
 
Figure 7.15: Stress distributions on the surface of the femur. 
Figure 7.15 shows that the CoCrMo graded femoral stem exhibited 
significantly greater stress transfer to the proximal femur than the solid stem (t test p 
< 0.01 for both Gruen zones 1 and 7). The CoCrMo graded femoral stem exhibited 
stress values in Gruen zones 1 and 7 of 2.6875 ± 0.19 MPA and 1.678 ± 0.08 MPa, 
which were about 2.08‐ and 1.47‐ times greater than the values for the solid stems 
(1.29 ± 0.02 MPa and 1.134 ± 0.04 MPa, respectively).  
Both FEA and physical testings showed the advantages of grading the material 
stiffness along the femoral stem on reducing the stiffness and stress of the stems to 
match bone stiffness. CoCrMo graded femoral stems with the pillar octahedral 
architecture were successfully fabricated using the in‐house SLM techniques. 
Previous studies graded the stiffness of femoral stems according to the differences in 
the volume fraction between different materials such as titanium and hydroxyapatite 
(Gong et al., 2012; Oshkour, Osman, Yau, et al., 2013). This study found that 
grading the stiffness according to the different porosities of the CoCrMo cellular 
structure also shifted the bone stress transfer to the proximal area. The open‐porous 
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characteristics with completely interconnecting networks of the cellular implants 
would be an advantage in terms of the bone biological functions.  
The flexural stiffness of the graded femoral stems (1,840 N/mm) in the 
proximal AGS models was similar to that of the femur (520–2,200 N/mm). The 
graded femoral stem in this study was made from prototyping models, which suggest 
that the stiffness mismatch between metallic implants and the femur, can be solved 
using the graded cellular fabrication of femoral stems.  
Both of the graded models— hollow RGS and proximal AGS—have potential 
in the development of new‐generation femoral prostheses. However, analysis of 
whether the larger strut sizes in the cellular structures contribute to greater strength is 
needed for further development.    
7.4. Summary 
This study demonstrated that grading the density along femoral stems in 
different orientations has both advantages and disadvantages for use in total hip 
arthroplasty. Both the primary and secondary stages of an implantation were 
investigated using computational analysis. It was evident that dense RGS, hollow 
RGS, and proximal AGS allowed for an increase in stress distribution in the 
proximal–medial area, Gruen zone 7, and simultaneously maintained relative 
micromotion in the proper range (<150 μm). The radially graded femoral stem with a 
stiffer outer cortex (hollow RGS) and the axially graded femoral stem with a stiffer 
proximal end (proximal AGS) seemed to work best because they allowed for 
increased proximal load transfer in Gruen zone 7 by four times compared with the 
titanium stem and maintained the relative micromotion values in the range needed to 
promote osseointegration.  
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Both FEA and physical testing provided evidence that the CoCrMo graded 
femoral stems made with the proximal AGS model would have reduced flexural 
stiffness that matched the femoral bone and would contribute to reducing the stress‐
shielding effect on the surrounding proximal bone. Therefore, CoCrMo graded 
femoral stems have potential to reduce stress shielding and prolong the hip 
prostheses lifespan. Further investigations of the strength of graded femoral stems 
and biological interactivity are required for further development. 
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Chapter 8:  Finite Element Analysis of Titanium Graded Femoral 
Stems 
8.1. Introduction 
The trend of using cobalt–chromium–molybdenum (CoCrMo) in orthopaedic 
bone implants has been declining because of the risk of a carcinogenic effect of 
metal ions. Although literature has shown that fewer metal ions are released from 
materials made using laser‐melting fabrication techniques (Xin et al., 2012), another 
issue is the lack of the ability to enhance osseointegration, unlike titanium (Ti4Al6V) 
alloys (Amin Yavari et al., 2014). 
Previous chapters identified the internal architecture that exhibited the best 
biomechanical and biological performance and that the mechanical properties of the 
cellular structures could be tailored by adjusting the strut sizes of the building unit 
cells and assembling them into graded cellular implants. The finite element analysis 
and physical testing showed that greater stress values were transferred to the 
proximal femur with the graded models, especially the proximal axially graded stem 
(AGS).   
Titanium hip implants are preferable for joint replacement materials because of 
their light weight, high biocorrosion resistance, biocompatibility, high strength, and 
relatively low elastic modulus compared with other metals. Previous studies have 
shown that selective laser melting (SLM) techniques can be used to produce highly 
porous titanium biomaterials with precisely controlled microarchitecture (Amin 
Yavari et al., 2015). The concept of using the proximal AGS femoral stem with the 
same architecture as did as the CoCrMo alloys could apply to titanium alloys.  
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This chapter describes the use of computational models to investigate whether 
a titanium graded femoral stem of the proximal AGS type would reduce proximal 
femoral bone stress shielding.   
8.2. Materials and methods 
8.2.1. Titanium graded material models 
The femoral stems were made from functionally graded materials (FGMs) with 
variable mechanical properties in an axial direction. In this proximal AGS model, 
solid titanium and titanium cellular structures were considered for the proximal and 
distal ends, respectively. Young’s modulus in each layer (Pk) was assigned to the 
prostheses from each end based on the power law: 
ܲ݇ = ܲܽ ቀଶ௄ା௛ଶ௛ ቁ
୬ + ܾܲ ൬1 − ቀଶ௄ା௛ଶ௛ ቁ൰
୬
         − ௛ଶ ≪ ܭ ≪
௛
ଶ   (Eq. 8.1) 
where Pa is the material property in the distal layers, Pb is the material properties of 
the proximal layer, n is the volume fraction gradient exponent, K is the layer height 
of each graded part (10 mm) in the longitudinal prosthesis, and h is the total length of 
the graded part (50 mm).  
The head, neck, and proximal layer of the femoral stems was made from 
Ti4Al6V (Pb), which has an elastic modulus of 116 GPa, yield strength of 795 MPa, 
and ultimate strength of 860 MPa. The Pa material properties were assumed by the 
predictive equations for the CoCrMo pillar octahedral‐shaped cellular structures, as 
shown in Figure 5.7. It could be predicted that the titanium pillar octahedral‐shaped 
cellular structures with a relative density of 0.6 would exhibit properties, including 
an elastic modulus of 2,015 MPa, yield strength of 169.67 MPa, and ultimate 
strength of 378.45 MPa, that would be stronger than those of bone.   
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Figure 8.1: Material models of graded femoral stems. 
The variations of the elastic modulus upon each layer were determined as the 
volume fraction gradient exponent (n). Five volume fraction gradient exponents of 1, 
1.5, 2, 2.5, and 3 were used to compare the effects of different fractions of elastic 
modulus in each layer, Figure 8.1. The homogeneous, isotropic, and linear elastic 
material properties of cortical and cancellous bone were assigned with an elastic 
modulus of 17 GPa and 400 MPa, respectively. All material properties were assumed 
to have a Poisson’s ratio of 0.3. 
8.2.2. Finite element analysis (FEA) 
The models of the implanted femoral stem were imported into ANSYS 16.1® 
finite element software (Ansys Inc., USA). A fully bonded property was assigned to 
the bone–stem interfaces. The 10‐node tetrahedral elements were used to generate 
the whole component, and mesh refinements were designed to achieve accurate 
results. The hip reaction force and abductor muscle loading were applied to replicate 
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the one‐leg stance phase of gait cycles, as described in Chapter 7. The distal end of 
femur was confined in all directions.   
The maximum von Mises stresses of titanium graded femoral stems and femurs 
were compared between the five fraction gradient exponents. The strain energy of 
metaphyseal trabecular bone and von Mises stress along both the medial and lateral 
bone–stem interfaces were determined as indicators of load transfer to the proximal 
femur. The solutions in this simulation were used to guide the required elastic 
modulus of titanium cellular structures in each graded layer.   
8.3. Results and discussion 
The elastic modulus of the proximal and distal ends was constant, although the 
elastic modulus of the graded parts varied according to a fraction gradient exponent 
(n). Grading the stiffness along the longitudinal axis of the femoral stems shifted the 
von Mises stress of the graded femoral stems to the proximal part, unlike in the 
titanium model, which exhibited high stress values on the middle and distal parts of 
the stem. 
 
Figure 8.2: von Mises stress in the femoral stems. 
(MPa) 
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Figure 8.2 shows that all studied models were able to resist the physiological 
loads because the maximum von Mises stress was less for the titanium graded 
femoral stems between different graded fractions (n) than the yield strength of the 
titanium cellular material (Pb, σyield = 169.67 MPa). Furthermore, the implanted 
femurs were loaded with less chance of causing any bone fracture because the 
compressive and tension stresses along the cortical bones were lower than the 
fracture point, 133 MPa and ‒193 MPa, respectively (Table 8.1). All titanium graded 
femoral stems with various graded elastic moduli were predicted not to fail under this 
loading condition. 
Table 8.1: Principal stresses of cortical femoral bones. 
Femoral stems Max. principal bone stress 
(MPa) 
Min. principal bone stress 
(MPa) 
Titanium stem 71.734 ‒83.71 
Titanium graded femoral stems 
n = 1 74.45 ‒89.021 
n = 1.5 74.671 ‒89.93 
n = 2 74.857 ‒90.883 
n = 2.5 75.012 ‒91.838 
n = 3 74.97 ‒92.191 
The strain energy in the proximal metaphysis of trabecular bone was 
investigated because it showed the capacity to transfer stress to the proximal femoral 
bone. The values of strain energy were directly related to the graded fraction 
exponent (n). The strain energy of the different graded fraction exponents showed 
that grading the stiffness following an n value of 3 contributed to the maximum value 
of strain energy (0.049 mJ), Figure 8.3.  
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Figure 8.3: Strain energy in proximal metaphyseal trabecular bone. 
Furthermore, an increase in the gradient fraction exponent resulted in an 
increase in the von Mises stress on the proximal femur and bone–stem interfaces. 
Figure 8.4 shows that n = 3 exhibited the greatest stress distribution on the proximal 
femur. The greatest of stress and strain energy in the proximal metaphyseal bone of 
the model n = 3 means the most appropriate design that can prevent bone-stress 
shielding. 
 
Figure 8.4: von Mises stress in the femur. 
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The medial and lateral paths of the bone–stem interfaces were created to 
determine the von Mises stress. These average von Mises stresses were grouped 
according to Gruen zones, as shown in Figure 8.5. 
 
Figure 8.5: Average von Mises stress at the bone–stem interface. 
The von Mises stress transfer along both the medial and lateral interfaces 
increased more for the graded femoral stems compared with the titanium stem. The 
increase in the graded fraction exponent along the longitudinal prosthesis resulted in 
a greater shift of the von Mises stress to the proximal medial and lateral femoral bone 
(Gruen zones 7 and 1, respectively). The titanium graded femoral stem with the 
material graded model of n = 3 increased the stress transfer on the proximal medial 
area by 3.17‐times greater than that of the titanium stem. 
This study demonstrated that grading the stiffness along the longitudinal 
direction of the femoral prostheses presented the great outcome when applying to the 
titanium material. Although the elastic modulus differs between titanium and 
CoCrMo, the stiffness could be matched to the required stiffness in each layer during 
the design of the architecture of the cellular structures. Based on our pillar 
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octahedral‐shaped structures, the predicted stiffness of the models printed with 
titanium was about 2.015 GPa. Other studies have reported an elastic modulus of 
laser‐melted titanium cellular structures with different internal architectures in the 
range of 0.58–2.61 GPa (Cheng et al., 2012; Wauthle et al., 2015), which supports 
the potential for creating graded material fabrications with an elastic modulus of 
2.015‒116 GPa in this study.    
The number of graded fraction exponents (n = 1, 1.5, 2, 2.5, and 3) determined 
the stiffness of each layer. This investigation mapped an approximation of the 
required stiffness in each graded layer of the titanium femoral stems before the 
manufacturing process. Although our models of femoral prostheses differ from those 
of other studies, the results here agree with previous findings that an increase in the 
volume fraction gradient exponent (n) directly relates to an increase in the stress 
transfer to the proximal femur (Oshkour, Osman, Davoodi, et al., 2013). Therefore, 
the elastic modulus of titanium graded femoral stem following the graded fraction 
exponent of 3 would be the most appropriate model for mapping the stiffness of 
titanium cellular structures. 
8.4. Summary 
Grading the stiffness along the longitudinal axis of femoral prostheses had 
potential for promoting stress transfer to the proximal femoral bone, especially in 
Gruen zones 1 and 7. This may help solve the problem relating to bone resorption 
and loosening of implants by limiting the proximal bone stress‐shielding effect. 
Using the graded fractional exponent (n) of 3 increased the maximum capacity for 
preventing proximal bone stress shielding and increased the proximal interface stress 
by three times compared with the titanium stem.  
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Titanium cellular structures with the stiffness values indicated in this study 
could be fabricated using additive manufacturing techniques as we demonstrated 
with CoCrMo in this thesis. The titanium cellular structures with various sizes of 
pillar octahedrons will be investigated to identify the optimum strut and unit sizes of 
the internal architecture that provide the targeted stiffness. 
This study suggests that the graded femoral model comprising the proximal 
AGS may also be effective for maximising stress transfer to the proximal bone when 
applied to titanium alloys.  
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Chapter 9:  Conclusion and Recommendations for Future Study 
9.1. Conclusion and remarks 
It is always desirable to design bone implants which can capture the macro‐ 
and micro‐structures of real bones. Balanced mechanical and biological properties 
from multi‐scale structures can be achieved by creating cellular structures with 
suitable unit cells, pore size, surface area, and porosity. More importantly, the bone 
implants with graded cellular structures are expected to reduce stress‐shielding on the 
peri‐implant bone tissue and maintain required mechanical strength. The 
methodologies adopted in this thesis are shown in Figure 9.1. 
 
Figure 9.1: Development of bone‐mimicking implants. 
Physical and computational approaches were used to study the mechanical 
behaviours and manufacturability of cobalt–chromium–molybdenum (CoCrMo) 
graded femoral prostheses. The main findings of this thesis contribute to the 
fundamental knowledge of graded cellular structures by firstly identifying the 
internal architectures of cellular structures that support both the mechanical and 
biological functions of bone. Then, the influences of graded cellular structures on 
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both mechanical performance and stress transfers were investigated. Finally, graded 
orientations with the proper architectures of cellular structures were integrated into 
femoral prostheses to identify the ways of preventing peri‐implant bone stress 
shielding. The specific findings are listed as follows. 
• Additive manufacturing (AM) is feasible to fabricate well‐defined cellular 
structures for bone‐biomimetic implants and the lattice alignments and 
building directions affect the material density, surface structures, and 
mechanical and biological performance. 
• The mechanical and biological performance of cellular structures is 
strongly dependent on the three‐dimensional (3D) internal architecture and 
loading conditions such as compression, shear, and torsion.  
• Cubic internal architecture [0° ± 90°] has a fourfold greater compressive 
stiffness than that of octahedron [±45°], whereas the shear and torsional 
stiffness of the octahedral architecture are three and eight times higher, 
than the cubic architecture, respectively.  
• The combined 0° and ±45° (pillar octahedron) structure is considered to be 
the best internal architecture as bone implants not only because of its high 
compressive, shear, and torsional stiffness but the greater pre‐osteoblastic 
cell proliferation, as compared with the octahedron and cubic types.  
• CoCrMo cellular and graded cellular structures based on the pillar 
octahedral architecture can be produced using an in‐house selective laser 
melting (SLM) technique. The CoCrMo cellular structures fabricated are 
biocompatible with 83–95% cell viability. It has been confirmed that the 
bioactivity of CoCrMo cellular structures can be enhanced by coating with 
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hydroxyapatite (HA), with increased alkaline phosphatase activity and cell 
proliferation.  
• CoCrMo cellular structures and graded cellular structures exhibit 
compressive stiffness (2.3–3.1 GPa), similar to that of bone tissue (2.73–
17 GPa). In addition, the higher compressive strength (113–523 MPa) and 
toughness (25–117 MJ/m3) observed benefit the fracture resistance after 
implantation.  
• Grading the CoCrMo cellular structures by adjusting the strut sizes along 
both the axial and radial directions can maintain their compressive strength 
similar to that of the cellular structures with the same relative density. The 
grading along the axial orientation provides a greater load distribution on 
the proximal bone, whereas the grading in the radial orientation can 
increase mechanical strength (310–356 MPa) than those graded in the 
axially graded pattern (217–270 MPa). 
• As compared with the experiment, finite element analysis (FEA) analysis 
may overestimate the compressive stiffness of laser‐melted CoCrMo 
cellular structures due to the surface irregularity resulted from the SLM 
process. However, FEA is more effective for evaluating the stress transfer 
to peri‐implant bone.  
• The CoCrMo graded femoral stems with pillar octahedral‐shaped cellular 
structures can be fabricated with SLM techniques. The proposed graded 
femoral stem (proximal axially graded stem (AGS)) exhibits flexural 
stiffness of 1,840 N/mm, which is similar to the measured in real femur. 
Both the FEA and experiment confirm that the proximal AGS effectively 
increases the load transfer to the surrounding femur. The computational 
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analysis of the proximal AGS–femur model indicates an effective control 
of excessive micromotion (<150 μm) and an increased bone stress around 
the proximal medial femur (Gruen zone 7) by four times greater than 
conventional titanium femoral stems.    
• It is believed that the proximal AGS design can be applied to titanium 
graded femoral stems as well. The stiffness values of this graded design 
which are mapped following a graded fraction exponent of 3 can maximise 
the stress transfer to an adjacent bone tissue.  
In this work, some general conclusions can be drawn. 3D‐print exhibits 
significant benefits to produce customised implants for patients who may need a 
special implant. Replacing solid implants with graded cellular structure is appropriate 
not only for hip implantation but also other bone replacement applications due to 
tailored mechanical and biological properties. In our perspective, these graded 
cellular implants fabricated with the AM technologies are anticipated to be 
commercialised in the near future due to a significant improvement of AM 
technologies.  
9.2. Future work 
To develop the bone‐biomimetic implants with graded cellular internal 
architecture further, the following areas of research are recommended for future 
work. 
• Fatigue behaviours of graded cellular structures  
In the human body, the lower limb is loaded in cycles during the gait cycle. 
The fatigue behaviour of porous biomaterials used for grafting segmental load‐
bearing bone defects and orthopaedic implants is important. Fracture of a number of 
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implants has been reported after an implantation because of fatigue failure (Van der 
Stok et al., 2013). Although this thesis produced internal architecture and graded 
models that achieved strength and load‐sharing capacity in static‐loading conditions, 
the fatigue behaviours of graded cellular structures must also be investigated to 
ensure their strength after the implantation.  
• Bone osseointegration of graded cellular structures  
This research included the designs and characterisation of internal unit 
architectures and graded cellular structures. Although the parameter requirements for 
bone formation have been established, the characteristics of bone osseointegration 
and functions in different designs of laser‐melted graded cellular structures are 
unknown. Further studies are needed to understand in vivo bone osseointegration of 
these graded cellular structures.  
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